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Abstract

Background: Aortic aneurysms are estimated to account for 150 000 to 200 000 deaths per year

world wide. As the vessel wall becomes enlarged its mechanical integrity is reduced exposing

patients to risk of highly fatal aortic dissections or ruptures. This aortic dilatation is caused by

breakdown of essential extra-cellular matrix proteins in the tissue mediated by aberrant vascular

cell remodelling. Aneurysms are challenging to diagnose with symptoms presenting late in the

disease progression. Furthermore, the rate of aneurysms in the population is rapidly increasing

and there is therefore a pressing need to develop better metrics to stratify patient risk and new

therapeutic strategies. Aneurysms are associated with a whole host of cardio-vascular diseases.

In this work we are predominately focused on Bicuspid Aortic Valve disease (BAV), a congenital

condition characterised by the malformation of the aortic valve resulting in only 2 leaflets. In-

deed, BAV presents a high risk of thoracic aortic aneurysms (30-70%) but the mechanism driving

their development is not well understood. Improvements in imaging techniques have now allowed

pathological blood flow patterns to be correlated to aneurysm morphology and indeed there is in-

creasing evidence that mechanotransduction from flow may be a driver of aneurysm development.

Blood flow imparts mechanical forces to cells through stretching and frictional shear forces and

these are known to regulate vascular cell behaviour. In particular, we are focused on interstitial

flows through the vascular wall and their impact on vascular smooth muscle cell (VSMC) ECM

interactions. We hypothesise that resulting interstitial fluid stresses may play a role in aberrant

ECM remodelling and that this may be used to correlate disrupted flow patterns seen in patients

to the morphology changes in their aortas.

Aim: To test this hypothesis we aimed to create a reductionist in-vitro model culturing VSMCs

in 3D under interstitial flow. By creating a model that allows us to observe cell mediated matrix

remodelling in these conditions, we may be able to infer the role, if any, that interstitial flows play

in VSMC-ECM interaction.

Methods: To this end, we combined a synthetic PEG based ECM mimicking hydrogel with

primary cultures of both bovine and human VSCMs with a microfludics setup. We used both

experimental and modelling techniques to characterise the hydrogel’s properties looking at degrad-

ability, permeability to flow and mass transport within the material. With these data in hand, we

then sought to establish the optimum encapsulation conditions for our cultures of primary VSMCs
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using imaging techniques to assess cell viability and morphology in different hydrogel conditions.

We performed long term cultures of our cells and used immunostaining techniques to test cells’

ability to synthesise nascent proteins within the hydrogels. Finally, we optimised a microfluidics

setup to expose our cultures to interstitial flow and explored the impact these had on cell viability

and morphology.

Results: We showed hydrogels doctored with degradable bioactive peptides could be broken

down by exogenous MMPs as well our ability to control the rate of degradation by changing the

number of these cross-links. We measured hydrogel permeability using 2 separate techniques which

confirmed the material to have a low permeability compared to other standard hydrogels, on the

order of 10−16 m2. Furthermore, we characterised mass transport of solutes within hydrogels and

were able to demonstrate a negligible impact of changing polymer solid content on diffusivity in

hydrogels of up to 5% weight/volume for molecules up to 40 kDa in size. We identified that encap-

sulated cells preferred softer hydrogels of up to 3 kPa in stiffness, including 1 mM of degradable

and adhesive bioactive peptides with cells encapsulated up to a density of 4 × 106 cells/ml. Via

production of MMPs, VSMCs are able to break down the hydrogel and importantly by day 7 of

culture, we detected newly synthesised fibronectin, collagen 1 and 4 proteins. Finally we showed

we are able to stimulate encapsulated cells with interstitial flows demonstrating that cells align to

the flow direction and remain rounder in morphology compared to in static controls. As an exten-

sion of this work, we also present a novel bioreactor design to impart a fuller range of mechanical

forces to cell cultures in the future.

Conclusion: We have developed a novel in-vitro platform to study vascular cell-ECM interac-

tions in response to flow, addressing the gap in the literature of studies in 3D focused on interstitial

flows. Our experiments are underpinned by predictive mathematical models and can be extended

to study multiple different vascular pathologies other than aneurysms. This type of reductionist

model can be a powerful tool to elucidate the individual contributions of multiple factors involved

in disease progression. Finally, these types of platforms combined with in-vivo studies may serve

to identify new therapeutic targets and importantly identify novel markers to determine patient

risk of disease.
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Chapter 1

Introduction

Aortic aneurysms are enlargements of the blood vessel diagnosed at a diameter increase of 50%

[Mathur et al., 2016]. They are classified as either abdominal or thoracic depending on the lo-

cation in the blood vessel, with the diaphragm as the point of demarcation between the two.

Aortic aneurysms are estimated to account for 150 000 to 200 000 deaths per year worldwide

[Wang et al., 2022] with cardiovascular disease as the leading cause of death in the United States

[Ahmad et al., 2022]. The greatest clinical problem posed is the risk of potentially fatal ruptures

of the aortic wall where it has become enlarged. In this case, patient fatalities are over 80% likely

[Robinson et al., 2013], 50% of which occur before even arriving at a hospital [Wise et al., 2015].

Aneurysm diagnoses are often delayed due to the late presentation of symptoms which usu-

ally only occur once a significant enlargement is present posing an already high risk of rupture

[Saeyeldin et al., 2019]. They are caused by a variety of conditions ranging from genetic dis-

eases to injuries. In this thesis we are focused on Bicuspid Aortic Valve (BAV) disease, one

of the main pathologies associated with thoracic aortic aneursym [Isselbacher, 2005]. A BAV

has only 2 cusps or leaflets on the valve as opposed to the normal 3, as 2 are fused together.

This in turn affects the movement of blood from the left ventricle up into the Aorta as normal

opening of the valve is impaired. Subsequent dilatation of the ascending Aorta is one of the

most prevalent and consistent markers of the disease affecting between 30 and 70% of patients

[Losenno et al., 2012]. BAV is the most common congenital heart disease found in 0.5-2% of the

population [Siu and Silversides, 2010], and importantly, these patients present an increased risk

of rupture or dissection of their wall. Morphological changes in the valve and vessel dramatically

change the pathway for blood flow exiting the heart to circulate to the rest of the body. The

increase in vessel diameter or bulging is thought to be caused by a break down of the wall extra-

cellular matrix (ECM) resulting in a weaker vessel wall less able to resist high pressure forces from

blood flow. Indeed, maintenance of the aortic wall structure is regulated by a careful balance

between synthesis and degradation of the vascular cell ECM. When an aneurysm begins to form,

this balance is disrupted but the exact mechanism by which this pathological aortic remodelling
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occurs is not well understood. The stimulus affecting tissue regulation in BAV is hotly contested.

Historically, the literature has been focused on genetic causes however, emergence of new imag-

ing techniques have allowed correlations between abnormal haemodynamics and aberrant ECM

remodelling to be made, a factor which may previously have been overlooked. However, with the

incidence of aortic aneurysms tripling in the United States in the past 30 years [Talk, 2014], there is

a critical need to better characterise aortopathology development in order to develop preventative

treatment strategies.

In this study we aim to better understand the haemodynamic contribution and better char-

acterise the relationship between flow and aneurysm formation. This project aims to explore the

potential causal link between abnormal flow patterns observed in patient data and wall degrada-

tion by directly correlating flow patterns to ECM mechanics. By strengthening the understanding

of aortic morphological changes in response to flow, it may be possible to determine diagnos-

tic criteria to help stratify patients for risk of developing aneurysms. Furthermore, thanks to

advances in imaging techniques, these markers may be obtained using non-invasive cardiac flow

characterisation.

1.1 Bicuspid Aortic Valve Disease

The defining feature of BAV is the malformation of the aortic valve, resulting in fusion of adja-

cent cusps as shown in Figure 1.1 [Andreassi and Della Corte, 2016]. This malformation alters

how the valve opens affecting the cross-sectional area provided for flow to pass, and the eccen-

tricity of the opening. This can have profound effects on the flow pathway potentially lead-

ing to stenosis, flow regurgitation and infection of the valve which often needs repairing or re-

placing [Yener et al., 2002]. Futhermore, BAV is associated with other non-valvular pathologies,

though the degree to which these are totally independent is not well known. These are abnor-

malities of the aorta morphology which can lead to aortic dilations, aneurysms and dissections

[Della Corte et al., 2007]. BAV does not always present alone but alongside other cardiac con-

ditions. For example, 75% of patients with aortic coarctation (birth defect resulting in a nar-

rowing of the Aorta) also present with BAV [Roos-Hesselink et al., 2003]. Therefore diagnosis

and management of BAV can be difficult. Patients can display symptoms from infancy to late

adulthood, but in most cases diagnosis happens later in life due to the late presentation of symp-

toms [Lewin and Otto, 2005, Saeyeldin et al., 2019]. A range of symptoms are displayed such as

chest pain, fatigue, trouble when exercising, fainting, heart murmurs to name a few. Doctors

usually conduct echocardiograms (though visualising the fused valve leaflets is difficult with this

technique) and use family history, but BAV diagnosis is often hard to achieve until histological

examination of excised tissue is performed [Fedak et al., 2002, Andreassi and Della Corte, 2016].

Furthermore, many of these symptoms overlap with other cardiac diseases which may have dif-
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Figure 1.1: Figure showing a schematic of a Bicuspid Aortic Valve. Two of the 3 valve leaflets are
fused resulting in a 2 leaflet opening. Image taken from [Medline, 1997].

ferent clinical statistics in terms of patient risk of aneurysm. Issues in diagnosis may incorrectly

stratify patient risk for aneurysm or delay this process, an important issue with the time sensi-

tivity of aneurysm growth. The current guidelines which stratify patients for risk of aneurysm

are based on degree of dilatation. Prophylactic treatment using beta blockers is recommended for

non-operative patients with dilatation of > 4cm in the absence of significant flow regurgitation

[Tadros et al., 2009]. However nearly all patients with BAV require valve surgery at some point

[Lewin and Otto, 2005] with elective surgical repair suggested at a dilation of > 5.5 cm. Using

dilatation as a disease marker is fraught and indeed the current clinical guidelines have been shown

to underestimate the number of patients who move on to develop dissections [Pape et al., 2007].

Therefore a better metric for patient stratification is required which can anticipate the need for

surgery more successfully.

1.2 ECM Breakdown of Aortic Media

Dilatation of the Aorta is fundamentally caused by a mechanical failure of the vessel wall, due

to the loss of essential structural proteins such elastin in the medial ECM accompanied by

apoptosis of vascular cells as shown in Figure 1.2 [Dobrin and Mrkvicka, 1994, Rizzo et al., 1989,

Quintana and Taylor, 2019, Lu et al., 2021, Michel et al., 2018]. Collagen is the most abundant

structural protein in the Aorta providing stiffness and mechanical strength to the wall, with elastin

giving the Aorta its elastic properties, formed in rings of fibres synthesised by vascular smooth

muscle cells (VSMCs) during aortic development. Indeed VSMCS are predominantly responsi-
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ble for maintaining the vessel wall ECM laying newly synthesised proteins [Michel et al., 2018].

Throughout our lifetime however, the vessel wall is required to remodel, in order to distend and

constrict in accordance with the metabolic needs of tissue whilst attempting to reduce flow losses

[Dolan et al., 2013]. Relaxation and remodelling of the wall is achieved by enzymatic degrada-

tion of structural proteins through release of matrix metalloproteinases (MMPs) and the relative

production of their inhibitors, tissue inhibitors of metalloproteinases (TIMPs) [Newby, 2006].

MMPs are proteolytic enzymes which are involved in breaking down proteins in ECM as well as

modulating cell-cell adhesion, cell migration and invasion, cell proliferation and apoptosis, tissue

remodeling, growth factor and cytokine signaling [Brauer, 2006]. They are crucial not only in the

maintenance of vascular tissue but also in cardiovascular development [Brauer, 2006]. They are

produced by the 3 main cell types in the vascular wall: ECs, VSMCs and Fibroblasts (FBs) along-

side immune cells [Wang and Khalil, 2018]. MMPs can be either secreted by cells or remain bound

to the cellular membrane (membrane-type) [Raffetto and Khalil, 2008]. MMP-1, MMP-2, MMP-

3, MMP-7, MMP-8, MMP-9, MMP-12, MMP-13, and MMP-14 and MMP-16 are all expressed

within vascular tissues [Raffetto and Khalil, 2008, Galis et al., 1994]. MMPs 1, 8, 13 and 18 are

collagenases implicated predominantly in the breakdown of interstitial collagen type I, II, and III

[Raffetto and Khalil, 2008]. MMPs 2 and 9 are gelatinases which predominantly digest denatured

collagens [Raffetto and Khalil, 2008]. MMP-12 is an elastase known to breakdown elastin in arter-

ies [Liu et al., 2015]. MMP-3 is in the family of stromelysins and known to degrade a wide range

of proteins including collagens, fibronectin, laminin and elastin. MMP-7 is a matrilysin which

acts on proteoglycans, fibronection and gelatins [Raffetto and Khalil, 2008]. Finally, MMPs 14

and 16 are part of the membrane type subset of MMPs known to act on a range of ECM proteins

as well as their role in activating other MMPs [Wang and Khalil, 2018]. The majority of MMPs

are expressed as a pro-MMP inactive form which can be activated in 4 main ways: self-digestion,

partial cleavage by plasmin, activation by membrane type MMPs or by other already active MMPs

[Brauer, 2006]. For example, VSCMs are known to secrete membrane type MMPs which can acti-

vate proMMP-2 [Sinha and Frishman, 1998]. The overall activity of MMPs is therefore regulated

by 4 main processes: (1) synthesis of MMPs by the cell, (2) movement of stored proteases (this

is relatively small, the majority of MMPs being transcribed when needed), (3) post translational

activation of MMPs and (4) ratio of TIMPs to MMPs and thus by both synthesis and activation

[Chase and Newby, 2003]. Importantly, MMP regulation is heavily implicated in the progression

of aberrant ECM remodelling in vascular disease .

The ECM is kept in balance by cyclic synthesis and degradation by the vascular cells of the ves-

sel wall, through synthesis of proteins directly and activity of released MMPs [Annabi et al., 2002].

Over activity of MMPs is implicated in the progression of aortic aneurysms by causing an exces-

sive breakdown of the vessel wall [Rabkin, 2017, Annabi et al., 2002, Thompson and Baxter, 1999,

Lu et al., 2021]. Histological studies looking at excised aneurysm tissue from BAV patients have
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confirmed this trend: decreased structural proteins and increased MMP levels, favouring degra-

dation of the ECM. Luminex analysis measuring for MMP and TIMP concentration in ascending

thoracic aortic aneurysm tissue from 46 patients with BAV compared to healthy controls revealed

a global increase in MMPs concentration of 273% or more with MMP-9 accounting for the largest

increase, and decreases in TIMP expression [Ikonomidis et al., 2012]. Interestingly, levels differed

between groups with different valve fusion types, with each group presenting different MMP and

TIMP concentration changes. A similar previous study by the same authors demonstrated a 34%

increase in MMP-2 levels compared to tricuspid (TAV) (3 leaflet valve) aneurysm patients and

healthy controls [Ikonomidis et al., 2006]. Similarly in a study by Boyum et al, MMP-2 and 9 levels

were marked as increased compared to that of patients with TAV aneurysms (43 ± 11 ng/ml vs 14

± 2 ng/ml for MMP-2 and 4.0 ± 0.9 ng/ml vs 1.5 ± 0.3 ng/ml for MMP-9) [Boyum et al., 2004].

Indeed particularly associated with thoracic aortic aneurysms with BAV are MMPs 1, 9, 12, 14

and 2 [Rabkin, 2017] secreted predominantly by VSMCs and FBs [Quintana and Taylor, 2019]. .

The progression of aberrant ECM breakdown is dependent on both the activity of protesases

within the tissue but also the microstructure of the tissue itself. The structural network of in-

terconnected proteins dictates not only the chemistry of the matrix but also the relative ease

or difficulty with which biomolecules released by the embedded cells can diffuse through. This

in turn therefore affects the release of MMP activating molecules creating a feedback loop with

the ECM structure. Additionally, changes to the permeability of the wall change the concentra-

tion of plasma proteins some of which can activate pro MMPs, further exacerbating the situation

[Michel et al., 2018]. Altering cellular interaction or binding with the ECM can also modulate

cell phenotype and proliferation, which in turn play a large role in matrix synthesis by the cell

[Shapiro and Senior, 1999].

Alongside VSMCs, ECs and fibroblasts secrete MMPs in health, but in disease immune

cells further exacerbate ECM degradation through additional secretion of MMPs as well as re-

lease of cytokines [Lu et al., 2021, Sinha and Frishman, 1998, Quintana and Taylor, 2019]. In-

deed growth factors and cytokines produced by the VSMCs themselves and from recruited im-

mune cells are implicated in the regulation of MMP transcription [Sinha and Frishman, 1998,

Lu et al., 2021, Galis et al., 1994]. In particular, TGFβ has been implicated in matrix de-

struction in many aortic pathologies, affecting cell proliferation, differentiation and synthe-

sis [Holm et al., 2011, Azhar et al., 2003, Daugherty et al., 2017]. In the aortic wall, TGFβ

is secreted by VSMCs and stored in an inactive form in the ECM and activated upon re-

lease when the matrix is degraded or else when VSMCs exert contractile forces on the ECM

[Michel et al., 2018, Hinz, 2015]. Impaired TGFβ has been demonstrated to be a key driver of tho-

racic aneurysm formation [Azhar et al., 2003, Bertoli-Avella et al., 2015]. In mice bred with TGFβ

receptor gene deletion, embryos were observed to die during gestation due to severe abnormalities in

aortic development along side other cardiac complications [Langlois et al., 2010, Jaffe et al., 2012].
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Figure 1.2: Schematic of the medial ECM in healthy (A) and BAV patients (B). In BAV, VSMCs
detach from the surrounding ECM accompanied by MMP release, matrix remodeling, cell death,
and a loss of vessel wall structure. Image adapted from [Fedak et al., 2002].

Jaffe et al observed that by knocking out TGFβR2 in mice, the resulting Aortas showed re-

duced protein synthesis in the vessel wall indicating that TGFβ is implicated in matrix regulation

[Jaffe et al., 2012]. However the exact role of TGFβ in aneurysm development is still under debate

[Daugherty et al., 2017].

Inflammation and the recruitment of immune cells is an important feature of abdominal aortic

aneurysms though much less attributed to thoracic aneurysms associated with BAV [Lu et al., 2021].

Indeed studies suggest that the core characteristics of aneurysm, VSMC apoptosis and extracel-

lular matrix degeneration happen in BAV related aneurysms without significant inflammatory

response [Nataatmadja et al., 2003, Longo et al., 2002]. Rather, the matrix disregulation is po-

tentially attributed to genetic abnormalities versus a result of injury.

1.3 Genetics

Statistical studies looking into familial clustering have shown evidence to support genetic

causes of BAV, with the inheritability of the condition estimated to be as high as 0.89

[Cripe et al., 2004]. Furthermore a primary relative of a BAV patient is 10 times more likely

to develop the condition compared to the general population [Siu and Silversides, 2010]. Affected

genetic loci have been identified in the literature and include TGFB receptor genes TGFBR2

and TGFBR1, NOTCH signalling genes NOTCH1 and genes associated with VSMCs markers
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such as ACTA2 [Prakash et al., 2014, Martin et al., 2007, McBride et al., 2005, Goh et al., 2002].

However, since BAV presents heterogeneously and with confounding symptoms with other

cardiac diseases, identifying exact genetic defects linked solely to BAV remains a challenge

[Andreassi and Della Corte, 2016]. This has not been possible, with the exception of NOTCH1

mutations which have been associated both with familial and sporadic cases affecting valve calci-

fication and subsequent stenosis [Andreassi and Della Corte, 2016]. However these show no link

to malfunction of the Aorta itself [Prakash et al., 2014].

Genetic mutations clearly play an important role in BAV and undoubtedly untangling their

contribution is an important consideration for developing therapeutic targets. However, in this

thesis, we have focused solely on studying the importance of haemodynamics, whilst acknowledging

the 2 factors may not be independent. Indeed genetic factors may alter the way in which cells

respond to flow and the possibility of extending the work here by incorporating patient cells is

discussed in the future work section.

1.4 The Role of Flow

The role of abnormal haemodynamics has been historically under played in the literature

[Girdauskas et al., 2011]. Indeed multiple studies claim there to be no link between blood flow

characteristics and aneurysm morphology. For example, in a study comparing BAV and TAV

aneurysms, the correlation between degree of flow regurgitation and aortic dimensions is explored

[Keane et al., 2000]. The authors highlight that whilst significant difference in both groups’ aortic

dimensions exist, both displayed comparable flow regimes and hence haemodynamics cannot be

the root cause. Furthermore BAV can adopt many different pathologies not exclusively linked

to valve malformation and thus this often leads to a theory of an underlying genetic defect af-

fecting the entire structure of the valve and vessel, negating the possible contributions of flow

[Kappetein et al., 1991].

Importantly however, studies claiming there to be no link between flow and aneurysm charac-

teristics are heavily limited by their definition of what constitutes pathological flow. The metrics

used such as peak flow velocities and pressure gradients often over simplify a more intricate flow

profile. This is symptomatic of the restrictive imaging techniques most commonly available such

as doppler echocardiography, the resolution capabilities of which do not allow analysis of complex

flow patterns. However, with the increased feasibility of a technique known as 4D-MRI, allowing

measurement of flow though the Aorta in 3 dimensions of space and in time (examples shown in

Figure 1.3), more detailed analysis can be conducted [Girdauskas et al., 2011]. Indeed 4D-MRI

scans have lead to more recent studies showing a clear correlation between flow and dilatation in

BAV [Bissell et al., 2013, den Reijer et al., 2010, Guzzardi et al., 2015].

A consequence of leaflet fusion is that the valve may not fully open and the opening is therefore
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Figure 1.3: Figure showing 4D MRI scans of flow in healthy patients (A) compared to flow of BAV
patients with examples of right handed (B) and left handed (C) helical flow. The angle θ between
the main jet of flow and the aortic mid-line is shown in B. Image adapted from [Bissell et al., 2013].

often elliptical in shape, affecting the blood’s pathway [Losenno et al., 2012]. The clinical maker

used to detect abnormally functioning valves is the pressure drop across it. In a healthy patient,

static pressure builds as blood collects behind the valve ready to be ejected. An ejection jet is

then formed where streamlines are closely packed together which then develops into a full flow

profile further upstream as dynamic pressure is recovered back into static pressure. Full pressure

recovery is dependent on the geometry of the Aorta and the amount of losses from flow hitting

the vessel wall [Richards et al., 2004]. In BAV patients, due to valve malformations, the flow

jet is eccentric (Panel B in Figure 1.3) and therefore hits the aortic wall resulting in energy

dissipation due to laminar viscous friction and turbulent friction from flow separation and vortices

[Richards et al., 2004]. The central flow jet at peak systole comes out at an angle to the aortic

mid-line [Bissell et al., 2013]. In clinical studies comparing BAV to TAV patients, this angle was

found to be to be approximately 3 times greater in BAV [Richards et al., 2004]. The effect of

this flow eccentricity is the formation of helical flow patterns (panels B and C Figure 1.3) and

these are a defining feature BAV related aneurysms. In a study of 53 patients (20 with BAV,

25 TAV and 8 healthy volunteers) using 4D MRI, nested helical flow was observed during peak

systole in the ascending Aorta of 15 of 20 patients with BAV but in none of the other groups

[Hope et al., 2010]. BAV patients therefore displayed greater flow eccentricity and were the only

group to demonstrate helical flow, thus indicating that these two factors may be linked. Indeed

patients were divided into right handed and left handed helical flow groups, where right handed

flow was correlated to larger aortic dimensions, and the degree of rotation was linked to increased

angle of flow [Hope et al., 2010]. Furthermore, BAV patients also display a reduced effective flow

area (the minimal cross-sectional area of the flow jet downstream of the aortic valve) which results

in increased pressure build up and greater peak ejection velocities [Chandra et al., 2012] and this

in turn can exacerbate pressure losses [Richards et al., 2004].

As the flow travels through a vessel shearing forces occur due to the friction between different
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fluid layers, and the interaction between the fluid and the vessel. At the wall these are known

as wall shear stresses (WSS) where the magnitude of these shearing forces is dependent on the

viscosity and the rate of change of velocity in space in the direction of the shearing force. In

helical flows observed in BAV patients, with fast changing flow directions, WSS may be increased.

Indeed in [Bissell et al., 2013], measurements of wall shear stress showed that patients with BAV

experience higher stress at the wall compared to TAV and healthy patients. Importantly Guz-

zardi et al analysed histological samples taken from patient Aortas combined with WSS maps

[Guzzardi et al., 2015]. They showed that tissues taken with the highest increase in MMP levels

and lowest concentration of elastin were co-localised with areas of high flow stimulation even within

the same Aorta and therefore under the same genetic conditions. Furthermore with detached flow

(regions where flow streamlines become separated and break away from the main flow bulk) there

is the potential for fast changing values in shear giving rise to spatial and temporal WSS gradients

and these have been studied in the context of atherosclerosis [Dolan et al., 2013].

There is therefore a clear case for the role that haemodynamics may play in aneurysm develop-

ment and importantly, stimulation from flow is a known regulator of vascular cells. The shear and

tensile forces exerted by blood on the Aorta wall affect the constituent cells in a range of different

ways including cell paracrine and autocrine activity, cell orientation, phenotype, contractility and

motility, all affecting vascular tissue remodelling [Gibbons and Dzau, 1994, Kamiya et al., 1984,

Lehoux and Tedgui, 2003, Shi and Tarbell, 2011]. Receptors on the surface of both endothlial

cells (ECs) and VSMCs sense flow changes which then activate mechanostransduction cascades

[Lehoux and Tedgui, 2003]. One way this is mediated is by cytoskletal tension modulated by cell

adhesions to surrounding ECM [Lehoux and Tedgui, 2003].

There has been extensive study of EC mechanotransduction. ECs are cultured in 2D and

then exposed to shearing forces by passing cell culture medium over the cells at different flow

rates. ECs are highly responsive to flow, aligning themselves in the direction of the shearing

forces they are exposed to [Dewey Jr et al., 1981]. This in turn regulates cell proliferation and

migration through cytoskeletal tension and indeed, shearing gradients that alter this tension have

been associated with many vascular pathologies [White and Frangos, 2007]. Though less common,

studies on VSMCs have also revealed effects of fluid forces. Expression of TGFβ has been shown

to increase in 2D cultures of VSMCs exposed to shear [Ueba et al., 1997]. Shear has also been

demonstrated to inhibit VSMC motility by decreasing levels of active MMP-2 in cells cultured

under flow [Garanich et al., 2005]. Furthermore, growth factor release by VSMCs is affected by

shear stresses of 3-25 dyn/cm2 promoting release of fibroblast growth factors (bFGF or FGF-2)

[Rhoads et al., 2000].

Given the crucial role of VSMCs in maintaining vascular wall ECM, understanding the in-

teraction between fluid forces and VSMCs may be of particular importance. Indeed whilst the

majority of shear stress stimulation occurs through the luminal flow, due to pressure gradients
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across the wall, a small proportion of flow is driven interstitially through the media where VSMCs

reside [Wang and Tarbell, 1995]. Although the velocities of these flow are much smaller compared

to those in the lumen, using analytical models considering tissue microstructure and cellular ar-

rangement, these have been demonstrated to give rise to non negligible fluid stresses on the order

of 1 dyn/cm2 [Wang and Tarbell, 1995]. Furthermore, if the endothelial layer becomes disrupted

for example in the case of injury or disease, this may lead to increased flow through the wall

[Shi and Tarbell, 2011, Sill et al., 1995, Lopez-Quintero et al., 2009]. Between the endothelium

and intima is a region known as the subendothlial intima made up of elastic lamina with leaky

fenestral pores through which flow can enter [Tada and Tarbell, 2002]. These gaps concentrate

the flow by forcing it through tight spaces. As a consequence, regions of higher fluid stresses occur

near this layer compared to those developed downstream in the intima thus introducing a spatial

variation in fluid stimulation throughout the intimal layer [Tada and Tarbell, 2002]. Indeed in

[Tada and Tarbell, 2002], the authors extend on their original model in [Wang and Tarbell, 1995]

estimating shear stresses in the intima, by including the influence of the elastic laminae. Numer-

ical simulations revealed that fluid velocities near the entrance of the intima (near these elastic

laminae) may be 100 times greater than average velocities in the fully developed flow downstream.

The authors explore the impact of the total area of fenestral pores ie the surface area of the gaps

between the elastic laminae and the distance between the pores and the resident VSMCs under-

neath. They conclude through their simulations that these impact the magnitude of the shear

stresses experienced by the VSMCs but also the spatial gradient of these stresses in that region.

The mechanostimulation within the intimal layer is therefore not uniform and by extension if

these forces impact VSMC tissue interactions, ECM remodelling within this layer may also have a

spatial variation. This in turn may further impact movement of flow through the layer by altering

the geometry through which flow can move. Given that these estimates of shear stresses are known

to impact VSMC behaviour and these parameters are further altered in disease (for example by

endothelium denudation), it stands to reason that flow may be a contributor to intimal disease.

This interaction between flow and vascular cell behaviour is a possible link between the patho-

logical flow in BAV patients and the changes in vessel shape mediated by cell driven tissue remod-

elling. It is this idea which forms the basis for the hypotheses in this thesis. In brief, our aim was

to develop an in-vitro model to interrogate the role of flow in aberrant ECM remodelling. To this

end we conducted a literature review on the current state of the art in-vitro models for studying

vascular disease and published these findings in the review paper that follows [Lust et al., 2021b].
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1.5 Design Considerations for Engineering 3D Models to

Study Vascular Pathologies in-vitro

1.5.1 Author Contribution

All the research for the manuscript content was conducted by me. The manuscript was put

together by me with my supervisors E. Gentleman and P. Lamata. I also gratefully thank our

collaborators C. Shanahan and R. Shipley for their expertise and help.

1.5.2 Amendments

Reference 129 in the following paper is incorrectly dated as 2008 and was actually published in

1995.
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a b s t r a c t 

Many cardiovascular diseases (CVD) are driven by pathological remodelling of blood vessels, which can 

lead to aneurysms, myocardial infarction, ischaemia and strokes. Aberrant remodelling is driven by 

changes in vascular cell behaviours combined with degradation, modification, or abnormal deposition 

of extracellular matrix (ECM) proteins. The underlying mechanisms that drive the pathological remod- 

elling of blood vessels are multifaceted and disease specific; however, unravelling them may be key to 

developing therapies. Reductionist models of blood vessels created in vitro that combine cells with bio- 

material scaffolds may serve as useful analogues to study vascular disease progression in a controlled 

environment. This review presents the main considerations for developing such in vitro models. We dis- 

cuss how the design of blood vessel models impacts experimental readouts, with a particular focus on 

the maintenance of normal cellular phenotypes, strategies that mimic normal cell-ECM interactions, and 

approaches that foster intercellular communication between vascular cell types. We also highlight how 

choice of biomaterials, cellular arrangements and the inclusion of mechanical stimulation using fluidic 

devices together impact the ability of blood vessel models to mimic in vivo conditions. In the future, by 

combining advances in materials science, cell biology, fluidics and modelling, it may be possible to create 

blood vessel models that are patient-specific and can be used to develop and test therapies. 

Statement of significance 

Simplified models of blood vessels created in vitro are powerful tools for studying cardiovascular diseases 

and understanding the mechanisms driving their progression. Here, we highlight the key structural and 

cellular components of effective models and discuss how including mechanical stimuli allows researchers 

to mimic native vessel behaviour in health and disease. We discuss the primary methods used to form 

blood vessel models and their limitations and conclude with an outlook on how blood vessel models that 

incorporate patient-specific cells and flows can be used in the future for personalised disease modelling. 
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1. Introduction 

Cardiovascular disease (CVD) is the leading cause of death 

worldwide [1] . One of the fundamental consequences of CVD is 
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pathological remodelling of vascular tissues which can lead to 

complications such as aneurysms, myocardial infarction, ischaemia 

and stroke [2] . Studies using experimental animals and excised 

human tissues have proved invaluable in elucidating some of the 

mechanisms that drive pathological vascular remodelling. However, 

vascular dysregulation often involves multiple complex and dy- 

namically interacting factors. As a result, confounding and/or re- 

dundant factors present in native tissues and whole experimental 

organisms can often hinder the discovery of the underlying mech- 
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Fig. 1. Simplified diagram of the arterial wall showing the 3 main tissue layers. Endothelial cells form a confluent layer called the intima, which is supported by structural 

extracellular matrix proteins. Directly underneath is the media, which contains vascular smooth muscle cells embedded within a matrix containing elastin and collagen 

fibres. The outermost layer of the vessel wall, the adventitia, contains fibroblasts in a collagen and elastin-rich matrix. 

anisms that govern these tissue-level changes, an understanding of 

which is likely essential in developing therapies. 

Models of blood vessels built by combining cells with biomate- 

rial scaffolds in vitro can serve as useful analogues to study some 

cell and tissue behaviours, in a reductionist manner [3] . By control- 

ling experimental conditions, biological and mechanical factors can 

be introduced systematically, allowing study of how each impacts 

specific cell populations. Furthermore, such models can aid in re- 

ducing the use of animals in research [4] . In vitro models often rely 

on traditional 2D culture techniques; however, biomaterials, and in 

particular ECM-mimicking hydrogels may allow for more represen- 

tative 3D cultures that are better able to recapitulate native cell 

behaviours in the 3D structure of the vessel wall [5–7] . Further- 

more, advancements in the field of fluidics may also allow for the 

incorporation of fluid forces into models [8–11] , which are vital in 

replicating the role of haemodynamics in driving vascular patholo- 

gies. In this review, we summarise some of the key considerations 

in developing in vitro models for vascular disease modelling by 

exploring the impact of biomaterials, culture methods and fluidic 

stimuli. We then explore how combining these factors may allow 

for the development of holistic models that can recapitulate the 

mechanisms of vascular disease progression. The purpose is to aid 

the reader in the design of 3D in vitro models tailored to study a 

range of vascular pathologies. 

2. Designing engineered blood vessels 

2.1. Pathological vascular remodelling 

Mammalian vasculature is a highly dynamic tissue that con- 

stantly remodels throughout life. Balance is maintained through a 

tightly regulated network of complex inter- and intracellular be- 

haviours regulated by biochemical and mechanical cues [ 2 , 12 , 13 ]. 

However, in disease, this intricate balance is often disrupted lead- 

ing to vessel pathology. Causes of pathological remodelling can 

be classified into 3 main areas: changes in vascular cell pheno- 

type, proliferation, or motility; degradation or modification of the 

extracellular matrix (ECM); and abnormal deposition of ECM [2] . 

These pathological changes can be driven by any combination of 

disrupted intercellular communication, changes in ECM composi- 

tion, and/or abnormal haemodynamic stimulation of the vascular 

cells. Genetic factors potentially play a role in all of these mecha- 

nisms; however, discussion of this topic is omitted here. 

Arteries, veins and arterioles are composed of 3 main cell types, 

endothelial cells (ECs), vascular smooth muscle cells (VSMCs) and 

fibroblasts (FBs) arranged in 3 layers ( Fig. 1 ). The outermost layer, 

the adventitia, is a thin layer of connective tissue inhabited pre- 

dominantly by FBs which lay down a collagen- and elastin-rich 

matrix to provide vessel mechanical strength [14] . Next is the tu- 

nica media that gives the elastic properties of the wall and is com- 

posed of elastin, VSMCs, collagen, proteoglycans and glycoproteins 

[14] . Finally, the intima is made up of a monolayer of ECs sitting 

on a layer of connective tissue, the internal elastic lamella, lining 

the vessel lumen. By comparison, capillaries are made up of a sin- 

gle layer of ECs which line a basement membrane [ 15 , 16 ]. Broadly 

speaking, veins are thin-walled compared to arteries [16] . Veins 

tend to support lower flow pressures and velocities compared to 

arteries [16] ; however the composition and thickness of each layer 

differs depending on location, even within the same vessel [14] . 

For the purposes of this review, we refer to large vessels as veins 

and arteries that contain 3 layers. 

Pathological vascular remodelling includes inward remodelling, 

which can drive vessel occlusion, structural changes in which vas- 

cular diameter is not altered, and outward remodelling resulting 

in vessel wall weakening [2] . Inward remodelling of the vessel 

wall is predominantly associated with intimal thickening caused 

by an increase in cell number and ECM deposition towards the 

vessel lumen [17] . This occurs through a combination of migra- 

tion of cells from inside the vascular wall out into the lumen and 

recruitment of inflammatory cells. Such inward remodelling can 

occur in response to vessel injury and increased shearing forces 

due to the reduction of vessel calibre [18] . Outward remodelling 

is associated with loss of ECM proteins, cell death and ultimately 

weakening of the vessel wall. These changes in vessel morphol- 

ogy affect haemodynamics by disrupting the flow path. They also 

alter pressures, velocities, and flow profiles, both locally and sys- 

temically depending on the site. This aberrant vessel function 

has knock-on effects on the cardiovascular system as a whole 

causing flow insufficiency, regurgitations, increased frictional losses 

and pressure changes thereby increasing the overall cardiac bur- 

den, and in the worst cases, causing blockages or leaking of the 

system. 
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Fig. 2. Schematic representation of common pathologies marked by abnormal remodelling of the blood vessel. A) Healthy blood vessel in which 3 distinct tissue layers are 

observed. B) Atherosclerosis characterised by the accumulation of lipids and formation of plaques stabilised by fibrous caps. C) Intimal hyperplasia in which migration of 

vascular smooth muscle cells causes narrowing of the lumen. D) Aneurysm formation where the vessel diameter increases as the vessel wall becomes weakened and dilated. 

One of the most common pathologies associated with aberrant 

vessel remodelling is atherosclerosis. Atherosclerotic plaques form 

through accumulation of lipids in the ECM, which prompts ECs 

to express adhesion molecules that can bind to and thus recruit 

leukocytes [ 19 , 20 ]. This leads to a vicious cycle of lipid accumula- 

tion, inflammation and cell death. Plaque formation also drives the 

recruitment of VSMCs into the vessel lumen which form a fibrous 

cap that stabilises the plaque ( Fig. 2 ). Intimal hyperplasia (IH) is 

another pathological condition that can lead to vessel narrowing. 

However, unlike atherosclerosis, IH is associated with migration of 

VSMCs from within the vessel wall out towards the lumen, where 

they form an occluding lesion [21] . Increases in vessel diameter, 

on the other hand, is a distinctive feature of aneurysms. Dilatation 

is caused by a mechanical failure of the vessel wall due to matrix 

dysregulation, and consequently the loss of structural proteins such 

as collagen and elastin [ 22 , 23 ]. This is thought to be mediated by 

apoptosis of the VSMCs, which are responsible for depositing ECM 

proteins, and over-production of matrix degrading matrix metallo- 

proteinases (MMPs), predominantly by VSMCs and FBs, which de- 

stroys ECM components that are vital for vessel tone and cell at- 

tachment [24–27] . 

2.2. Biomaterial scaffolds in in vitro models of the vasculature 

In engineered models of blood vessels, a key component is 

choice of scaffold material. The scaffold should support physiolog- 

ically relevant cellular arrangements and be able to mimic tissue 

behaviours. Amongst other requirements, scaffolds should support 

long-term cell culture, allow the diffusion of nutrients and solutes 

involved in intercellular communications, and permit ECM remod- 

elling. The intrinsic properties of the scaffold, such as its stiffness 

and the presentation of adhesion sites, should also allow for the 

maintenance of physiologically relevant cell phenotypes. Further- 

more, as the material structure impacts interactions between em- 

bedded cells and applied mechanical forces, the biomaterial should 

both be able to withstand applied strain and stresses, but also im- 

part mechanical cues to cells in a physiologically realistic and char- 

acterisable way. 

Given the requirement of the matrix to deliver complex cues 

to embedded cells in a controllable manner, identifying an appro- 

priate 3D material is not trivial. However, advances in materials 

science have produced platforms that can support cell survival, ad- 

hesion, and importantly, interaction with their environment, allow- 

ing cells to actively remodel and ultimately replace the matrix sur- 

rounding them [ 5 , 6 , 28 ]. Such materials are not only important in 

supporting long-term culture, but also in establishing disease mod- 

els driven by matrix dysregulation, as they enable the study of how 

cells interact with their surrounding ECM. 

Hydrogels are suitable for 3D cell encapsulation due to their 

two-phase composition with a solid polymer phase mimicking the 

ECM protein scaffold and a surrounding liquid phase available for 

transport of nutrients [7] . The first choice is between naturally de- 

rived or synthetic gels. Naturally derived gels offer an advantage 

as they contain natively occurring ECM proteins, and thus can re- 

capitulate native tissue cues. Collagen gels are one of the most 

commonly used naturally derived hydrogels due to their high de- 

gree of biocompatibility, ability to support cell adhesion, availabil- 

ity, ease of use and ability to produce stable cross-linked networks 

[29] . Collagen is also the most abundant ECM protein in the media 

and adventitia [30] , and so collagen gels, particularly formed from 

collagen type I, have been extensively employed in vascular stud- 

ies [31,33–35] . Indeed, the ease with which cells can interact with 

naturally derived proteins has allowed important insights into cell- 

matrix interactions. For example, rat aortic SMCs, adventitial FBs 

and myofibroblasts encapsulated in rat tail tendon-derived colla- 

gen type I migrate through their surrounding matrix by upregulat- 

ing MMP-1 production [33] . 

However, cells’ interactions with native matrices have also been 

shown to modulate phenotype. Indeed, whilst collagen type I is 

abundant in vascular tissues, alone it may not support correct 

VSMC phenotypes whose regulation is mediated through complex 

interactions with many different proteins [ 28 ]. On the other hand, 

Matrigel, which is derived from a murine sarcoma and is abun- 
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dant in basement membrane proteins, provides cells with a multi- 

protein environment and is also often used for 3D cell culture. 

However, a comparison between VSMC behaviour in 3D culture 

using collagen type I and Matrigel revealed that, whilst prolifera- 

tion of cells in Matrigel was slower, expression of typical pheno- 

typic markers was progressively lost over time in both matrices 

[36] . This may be because batch-to-batch variability in Matrigel 

[37] , and the presence of myriad undefined soluble factors and 

proteins may impact cell phenotype. For example, collagen type 

IV isolated from Matrigel can also present encapsulated cells with 

bound TGF β , which can regulate cellular responses [38] . Further- 

more, these naturally derived hydrogels often lack the mechanical 

strength to withstand blood vessel pressures, and thus may not be 

suitable to deliver physiological mechanical cues to cells [ 35 , 39 ]. 

In short, biologically derived matrices offer advantages in terms of 

delivering biocompatibility and bioactivity with relative ease. How- 

ever, these often lack mechanical strength, and it can be difficult to 

control how and which specific biomolecules are presented to en- 

capsulated cells. 

Synthetic gels are an alternative which may provide tighter 

control over matrix properties than biologically derived gels, with 

clearly defined properties and hence more inter-sample consis- 

tency. Synthetic hydrogels are often formed by cross-linking poly- 

mer macromers either via photo-polymerisation or through chem- 

ical or physical cross-linking, creating a lattice-like structure [40] . 

The dimensions of the lattice can be modulated by altering the 

polymer chain length and thus the mesh network size. This al- 

lows control over the diffusion of solutes through the gel. More- 

over, changes in hydrogel structure alter flow passing through the 

gel, and by extension the shear it imparts on encapsulated cells. 

Control over these features is an advantage for recapitulating 3D 

mechanical and biochemical cues in a reproducible manner. 

A major drawback of synthetic gels is their innate bio-inertness, 

and therefore sites for cellular interactions must be incorporated 

to make them hospitable for cells. This can be facilitated in syn- 

thetic gels by inclusion of bioactive peptides [ 40 , 41 ], which al- 

low for control over the density and type of biological cues. Poly- 

mers can be modified to include peptides that contain the bind- 

ing sites of native matrix proteins such as RGD, which mimics the 

fibronectin binding domain, as well as MMP-cleavable sequences, 

which allow cells to remodel and migrate through the 3D matrix. 

Inclusion of adhesive and degradable peptides can be tuned inde- 

pendently from matrix concentration, and by extension, stiffness, 

allowing orthogonal control of mechano-regulatory and biological 

cues [5] . 

Although not suitable for cell encapsulation, lactide and glycol- 

ide polymers have been proposed for blood vessel applications as 

they degrade by hydrolysis, and can be manufactured with high 

porosities, allowing for nutrient exchange [42] . Indeed, Polyglycolic 

acid (PGA) scaffolds have been shown to be replaced by SMC- 

derived ECM proteins, rendering the graft able to withstand pres- 

sures above 10 0-20 0 mmHg [43] . However, whilst PGA may im- 

prove upon the mechanical properties of collagen, studies have 

shown that PGA alone does not provide sufficient long-term me- 

chanical strength unless progressively reinforced by native matrix 

synthesis [42] . Addition of other polymers to PGA such as poly- 

4-hydroxybutyrate (P4HB), poly-(lactic-co-glycolic acid) (PLGA), 

poly(L-lactic acid)(PLLA), poly(caprolactone) and polyethylene gly- 

col (PEG) have been shown to improve their mechanical strength 

[ 42 , 44–47 ]. 

PEG has been identified as a suitable stand-alone material for 

vascular cell scaffolds due to its biocompatibility, hydrophilicity, re- 

sistance to protein adsorption, non-thrombogenic properties, high 

elasticity, and overall highly tunable properties [ 28 , 48–53 ]. PEG 

gels allow efficient and controllable diffusion of biomolecules. The 

diffusivity of species can be controlled by altering the length of 

the polymer chains in the PEG macromer, and by extension the 

mesh network size [53] . PEG gels are also amenable to incorpo- 

ration of bioactive peptides through, for example, Michael-type 

addition reactions in which peptides are presented pendantly or 

used as cross-linkers between the PEG macromers [ 5 , 54 , 55 ]. In- 

deed, peptide-modified PEGDA hydrogels containing the RGD se- 

quence are able to support the differentiation of human coronary 

artery SMCs toward a contractile phenotype equally well as when 

they are cultured on fibronectin or laminin [28] ( Fig. 3 ).The high 

characterisability of PEG gels and thus control over important fea- 

tures, including diffusion of soluble factors and cell-matrix interac- 

tion, makes PEG-based gels especially suited to disease models de- 

signed to answer mechanistic questions. Furthermore, tight control 

over the matrix properties can also be crucial when incorporating 

other stimuli such as flow, enabling reliable prediction of the re- 

sponse of the matrix to mechanical force. 

As both naturally derived and synthetic gels have drawbacks, it 

is also possible to create hybrid materials which combine the ad- 

vantages of each [56–59] . For example, gelatin, collagen and elastin 

have been combined with synthetic poly( ɛ -caprolactone) to in- 

crease scaffold tensile strength compared to gelatin or collagen and 

elastin alone [57] . Furthermore, photocrosslinked gelatin methacry- 

loyl (GelMA) in which naturally derived gelatin is modified with 

methacrylic anhydride has also been used to create vessel-like 

structures with separate layers encapsulating rat aortic SMCs and 

3T3 fibroblasts and lined with a human umbilical vein endothelial 

cell layer [60] . 

2.3. Incorporating vascular cells: cellular arrangements and 

interactions 

Blood vessels must withstand high pressures from fast blood 

flows whilst remaining compliant and adaptable to changing sup- 

ply needs [61–63] . Regulation of vessel function is mediated 

through the contraction of the VSMCs, as well as composition of 

the ECM in each layer, and therefore is a combination of the pas- 

sive structural and active cellular behaviours of the vessel. In dis- 

ease and during vessel remodelling, VSMCs can change phenotype 

from that of a contractile cell to a “synthetic cell”. These cells lose 

their differentiated contractile properties and can migrate, prolifer- 

ate and modify the ECM. For example, in aneurysms, loss of struc- 

tural proteins in the medial ECM renders the vessel weak, making 

it prone to ballooning and rupture [64] . Conversely, in atheroscle- 

rosis, over-production of collagens and proteoglycans by VSMCs 

lead to areas of lipid accumulation, driving inflammation, necro- 

sis and the formation of plaques, which encroach on the lumen, 

causing vessel stenosis [65] . 

In vitro setups for disease modelling should ideally recapit- 

ulate conditions that foster correct ECM maintenance to study 

the potential role of their disruption in disease progression. In- 

deed, at baseline, models should promote healthy cell function 

with the ability to monitor biomarkers which signal pathologi- 

cal behaviours. The geometry of the vessel model and choices 

in seeding methods determine the scope for physiological cell 

phenotypes, morphologies, and intercellular interactions. Next, we 

present a review of different in vitro setups, and a discussion of 

the key design choices impacting the fidelity of in vitro culture 

systems. In particular, we explore the impact of cell-ECM interac- 

tions and intercellular communication on maintaining correct cell 

phenotypes. 

2.4. 2D versus 3D culture 

Culturing cells on tissue culture plastic reduces complex 3D tis- 

sue structures into simplified cell monolayers. Whilst this has al- 
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Fig. 3. Fluorescence staining of human coronary artery smooth muscle cells for alpha-actin, calponin and SM-22a protein after 6 days of culture on fibronectin, laminin 

and a RGD-bearing poly(ethylene glycol) diacrylate (PEGDA) hydrogel, cultured in low serum (2% FBS) and containing heparin (400 mg/ml) to induce differentiation. Scale 

bar = 200 μm. RGD peptide-containing gels support equivalent levels of expression of the contractile markers compared to culture on fibronectin or laminin, indicating that 

RGD-modified PEGDA gels can support differentiation of SMCs toward a contractile phenotype. Figure adapted from [28] . 

lowed useful observations, cell behaviour in 2D is often markedly 

different from that in vivo [ 66 , 67 ]. Discrepancies between cell be- 

haviour in 2D and 3D are not simply due to a change in di- 

mensionality, but are rather also attributable to downstream im- 

pacts [68] . For example, in a 3D environment, cells are presented 

with adhesion sites in all directions, which alters their morphol- 

ogy [ 66 , 68 ]. Cells sense their environment through adhesions with 

their ECM. Thus, stiffness and mechanical stress are felt differently 

by cells in 3D than in 2D. The makeup of the ECM in which cells 

are surrounded is also a governing factor in directing cell pheno- 

type. Indeed, cells respond differently to different ECM proteins in 

2D compared to 3D [31] . Furthermore, transport of nutrients and 

soluble biomolecules is also altered in 3D, and therefore, studying 

the effect of disequilibrium of any of these factors is likely to be 

more faithful to that in vivo if studied in 3D. Importantly, whilst 

2D endothelial cell culture may be appropriate due to their native 

monolayer presentation, VSMCs and FBs, which normally reside in 

an ECM-rich 3D structure, are known to be regulated by interac- 

tions with their 3D matrix [ 31 , 44 , 69–72 ]. 

VSMC-ECM interactions are an important regulator of vascu- 

lar cell adhesion, migration, proliferation and phenotype [73] . In- 

deed, VSMCs lie on a phenotypic spectrum from synthetic to con- 

tractile and express different markers accordingly. Whilst distinc- 

tion between contractile and synthetic cells is not always clear, 

in a healthy mature vessel the majority of cells are contractile. 

In a contractile state, VSMCs reinforce the vessel wall, enabling 

it to withstand fluid pressures. This is achieved through expres- 

sion of dystrophin-glycoprotein complexes, which link actin fila- 

ments within the cell’s cytoskeleton to the surrounding ECM [74] . 

Conversely, VSMC transdifferentiation or reversion to a synthetic 

state has been implicated in ECM dysregulation and disease pro- 

gression [75] . Indeed, Chen et al. have shown that a subpopulation 

of VSMCs may themselves contribute to aneurysm formation by 

transdifferentiating into mesenchymal cells in response to loss of 

TGF β signalling. Accumulation of these mesenchymal cells in the 

aortic wall of Apoe −/ − mice on a hypercholesterolemic diet results 

in loss of the contractile VSMC and accumulation of lipid deposits 

and ossifications, which together contribute to aneurysm formation 

[76] . 

The presence of specific binding motifs and cellular engage- 

ment and disengagement with adhesion sites have been shown 

to govern VSMC phenotype [ 31 , 44 , 69–72 ]. Fibronectin and colla- 

gen type I have been implicated in driving the synthetic pheno- 

type, whilst laminin and collagen type IV, promote the contractile. 

These relationships have been confirmed in disease models, such 

as atherosclerosis, where VSMC phenotypic changes are known to 

be mediated through interactions with fibronectin [ 77 , 78 ]. Given 

that the VSMC synthetic phenotype and ECM makeup are both 

markers of pathology, cell-ECM interactions and matrix composi- 

tion should therefore be considerations in designing in vitro mod- 

els. Furthermore, VSMC’s response to ECM proteins differs in 2D 

and 3D setups. In a study using rat aortic SMCs, cells were cul- 

tured on a 2D collagen type I surface or embedded within colla- 

gen type I gels at the same polymer concentration and compared 

to cells cultured on tissue culture plastic [31] . Embedding the cells 

led to a downregulation of smooth muscle actin (SMA), a marker 

of VSMC contractility, as well as to a decrease in cell proliferation 

compared to the 2D collagen condition and tissue culture plastic 

controls. Levels of SMA and proliferation were no different in 2D 

collagen cultures compared to tissue culture plastic controls, lead- 

ing the authors to conclude that the changes in cell phenotype 

were independent of matrix composition and could be attributed 

to cell response to 3D culture. 

When VSMCs are isolated from tissue samples, they often lose 

their phenotype, with expression of relevant markers dropping 

with successive passages [31] . These studies highlight that both 

protein presentation and dimensionality impact VSMC’s ability to 

retain contractile phenotypes. This highlights the importance of 

studying VSMCs in 3D environments to recapitulate in vivo -like re- 

sponses. 
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Fig. 4. Schematic representation outlining experimental setups for co-culturing endothelial cells with vascular smooth muscle cells. A) Culture of endothelial cells directly 

on top of vascular smooth muscle cells. B) Separation of both cell types by means of a permeable membrane. C) Culture of endothelial cells on 3D gels containing vascular 

smooth muscle cells. 

2.5. VSMC-EC interactions 

Despite its important role in regulating phenotype, VSMC inter- 

actions with ECM proteins alone may not be sufficient to retain 

VSMC contractility. Indeed, intercellular communication between 

VSMCs and ECs also regulates VSMC behaviours, including prolifer- 

ation, quiescence, morphology, and by extension vasodilation and 

healthy vessel maintenance [ 67 , 79–88 ]. Co-culture of VSMCs with 

ECs has been shown to regulate SMC phenotype [87–89] and to 

prompt VSMCs to adopt a more contractile-like state, which makes 

including co-cultures in blood vessel models an important consid- 

eration. 

The endothelial layer creates a selectively permeable barrier 

to the vascular wall by controlling transport of molecules and 

immune cells as well as by facilitating cell-cell communica- 

tions through adherent junctions, tight junctions and gap junc- 

tions [ 90 , 91 ]. VSMC and EC communicate with one another both 

through direct cell-to-cell contact and through diffusion of secreted 

molecules [92–94] . Disruption of the endothelial barrier is thought 

to be the first step in the formation of atherosclerotic plaque [95] . 

For example, SMC proliferation in rat carotid arteries was stud- 

ied by denuding the endothelium, both with and without caus- 

ing damage to the media [96] . Here, denudation alone was suf- 

ficient to drive lesion formation, highlighting the role of the en- 

dothelial layer in vascular pathology. Such findings have been con- 

firmed in in vitro injury models demonstrating how disruption of 

the EC layer can stimulate proliferation of the underlying VSMCs 

[97] . 

Maintenance of a healthy endothelium is therefore vital in a 

healthy vessel, and one key factor is facilitating correct EC regu- 

lation of VSMCs in a feedback loop. These cells communicate via 

gap junctions which require cell-cell contracts, and therefore cul- 

ture systems which allow proximity may have advantages in re- 

taining correct VSMC phenotype. There are 3 main ways in which 

co-cultures have been reported: culture of ECs directly on top of 

VSMCs [ 98 , 99 ], separation of both cell types with a permeable 

membrane [ 1 , 79 , 82 , 86 , 97 ], and culture of ECs on 3D gels contain- 

ing encapsulated VSMCs [ 85 , 99 ] ( Fig. 4 ). The main difference in 

each of these methods is the proximity that the different cell types 

have to each other, and the inclusion (or not) of a 3D cell niche for 

the VSMCs. The distance between cells impacts their ability to cre- 

ate gap junctions and hence the way in which they can interact. 

Furthermore, given that communication is also dependent on dif- 

fusion of soluble factors, the distance between the cells and the 

diffusivity through the layers may be key [ 100 , 101 ]. 

Taken together, these observations suggest that disease mod- 

elling should optimally start with a 3D culture with multiple cell 

types that allow for intercellular communication. In tissue engi- 

neered grafts that aim to replace whole sections of pathological 

tissue, these factors are often taken into account as the grafts 

are required to adopt the full function of vessels once implanted. 

Therefore, advances in tissue engineering have also provided im- 

portant insights into the development of artificial layered con- 

structs, which could be useful for disease modelling. The first en- 

gineered 3D vessel was created by Weinberg and Bell in 1986. In 

their model, a 3-layer construct composed of collagen gels laden 

with FBs and bovine VSMCs was created with a confluent mono- 

layer of ECs lining the structure [35] . Whilst many physiological 

aspects of the native vessel were recapitulated with this model, it 

suffered from limitations in terms of vessel resistance to pressure 

as well as in the composition and morphology of the layers, as it 

lacked the elastin natively found in the intima. 

Subsequent studies have improved on this original work by us- 

ing materials with greater control over matrix properties, by im- 

proving manufacturing techniques, by including mechanical load- 

ing to simulate physiological strain, and importantly, as later dis- 

cussed, by incorporating fluid force stimulation [ 43,45,48,102–106 ]. 

For example, Niklason et al ., created an artificial vessel by seed- 

ing bovine VSMCs on tubular biodegradable PGA scaffolds, which 

they cultured under pulsatile flow and in the presence of factors to 

support collagen synthesis and ECM protein cross-linking [43] . This 

created a graft with a smooth surface onto which EC could adhere, 

with the final structure able to withstand physiological pressures. 

Indeed, when implanted into a miniature swine model, the con- 

struct developed a highly organised structure with minimal signs 

of inflammation compared to a xenograft control. 

In summary, the structure and composition of 3D vascular mod- 

els will influence interactions between vascular cell types and with 

their ECM. Therefore, how these components are assembled in 

an in vitro model will impact its ability to recapitulate the na- 

tive tissue’s morphology, and its efficacy in mimicking native-like 

cell migration, proliferation, and ECM secretion/degradation, and 

by extension, vascular pathologies. Therefore, careful considera- 

tion is warranted in balancing simplicity against workability in the 

model to effectively capture particular aspects of disease or disease 

pathogenesis. 
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Fig. 5. Schematic of the 3 main axes of mechanical stimulation by flow in large vessels. Cyclic strain is developed in the wall as pulsatile flow develops normally, applying 

pressure forces that compress the vessel wall. Luminal shearing of endothelial cells is caused when blood flow passes over the cells. Finally, transmural pressure gradients 

drive interstitial flow through the vessel wall, which applies shear forces on embedded cells. Red arrows depict movement of flow through the lumen and interstitially in 

the vessel wall. 

2.6. Incorporating mechano-stimulation: stress and strain 

Blood flow is pulsatile in nature, as pressure and velocity vary 

as the heart ejects blood and refills [107] . Haemodynamics within 

the system are determined by a combination of vessel geometry, 

driving pressures that force blood round the system, and the ma- 

terial properties of both vessels and blood itself. Therefore, blood 

flow profiles vary temporally and spatially along the circulatory 

system. Arteries and veins are exposed to continuous mechanical 

flow-mediated stimulation through two main mechanisms: defor- 

mation of the vessel wall due to blood pressure, and fluid shear- 

ing forces [ 62 , 108 ]. Pressure from the pulsatile flow acts normally 

to the vessel wall, delivering cyclic strains through circumferential 

stretching of the tissue [108] ( Fig. 5 ), which the vessel wall resists 

by developing stresses [107] . Direct frictional shearing forces, on 

the other hand, act tangentially on the cells as a result of viscous 

flow passing over and around them [ 108 , 109 ] ( Fig. 5 ). 

The majority of blood flow passes through the lumen and de- 

livers a shearing force to the ECs lining the vessel. ECs are highly 

mechanosensitive to blood flow cues, which they sense through 

their cytoskeleton as the cell deforms in response to fluid forces 

[110] . Indeed, luminal shear is a key regulator of vessel tone, 

prompting adaptive dilatation of the vessel wall [111–114] . It also 

regulates cell morphology, proliferation, protein expression and im- 

portantly for atherosclerosis research, the ability of ECs to attract 

monocytes [114–116] . ECs achieve regulation of the medial wall 

by producing vasoconstrictors and dilators, and in healthy vessels, 

maintain a non-adhesive lumen that has antithrombotic and anti- 

coagulant properties [117] . They also communicate to the matrix- 

synthesising cells embedded in the wall below [ 93 , 118–120 ]. 

In pathologies in which the vessel diameter is changed, healthy 

blood flow patterns are altered, and by extension, so are the me- 

chanical forces imparted on the constituent cells. Given the cru- 

cial regulatory role of blood flow, it is therefore not surprising 

that pathological endothelial function precipitated by abnormal 

haemodynamics has been highlighted in many vascular pathologies 

[63,121,122] . Much effort has therefore focussed on understanding 

the mechanisms by which lumen flow disrupts endothelial func- 

tion and its implications for disease progression. These include, but 

are not limited to, shear stress-driven development of atheroscle- 

rosis [ 63 , 123 ] and IH [124] . Moreover, flow eccentricity and high 

wall shear stress have been linked to dilatation in bicuspid aortic 

valve disease [125–128] . 

In addition to the luminal flow, transmural pressure gradients 

between the lumen and the outermost layer of the aortic wall 

drive a small amount of flow interstitially around the VSMCs and 

FBs ( Fig. 5 ). The effect of this interstitial flow is often neglected 

due to slow flow velocities in this region (~10 −6 cm/s) [129] . How- 

ever, due to the small interstitial spaces in the media wall, al- 

though flow is slow, the resultant forces have been shown to be 

non-negligible [129] . Using an analytical model, these velocities 

have been estimated to result in a shear stress of ~1 dyn/cm 

2 

[129] . Furthermore, in the case of injury or disease in which the 

luminal layer becomes disrupted or the ECM composition changes, 

the permeability of the EC layer may increase, exacerbating this 

effect [118,130,131] . In vitro studies have revealed that interstitial 
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Fig. 6. Schematic of different bioreactor setups showing the movement of flow in each (pink arrows). A) A flat parallel plate chamber in which flow is passed over monolayers 

of cells delivers shear stresses to cells cultured along the wall. B) A shaking flask bioreactor in which the cell culture is rotated to stimulate motion of the cell culture media 

above imparts shear stresses on the cells. C) A perfusion bioreactor with flow passing through a central tubular channel surrounded by cells cultured in 2D or 3D applies 

shear to the cells in contact with the moving media. D) By incorporating pulsatile flow into a perfusion bioreactor, cells experience strain both from normally acting pressure 

forces as well as tangential shear. E) A parallel plate bioreactor can also deliver flow directly through a 3D matrix containing embedded cells, stimulating them with 

interstitial shear. 

flow is able to impact SMC and FB migration, proliferation, and sur- 

vival; as well as SMC alignment, contraction, phenotype and sig- 

nalling [118] . It may therefore be important to include flow effects 

both luminally and interstitially in vascular models. Recapitulating 

in vivo interstitial stresses on VSMCs and FBs will likely require the 

use of 3D constructs. The structure of the interstitial tissue, driv- 

ing pressure gradient, and the cellular arrangement inside the wall 

determine the nature of the flow, and therefore, 2D setups are un- 

likely to account for these effects. Indeed, with VSMC and FB dys- 

regulation heavily implicated in vascular pathology, inclusion of 3D 

flow in disease modelling may be essential. Therefore, we next dis- 

cuss models to recapitulate the 3 main axes of stimulation: cyclic 

stress, lumen stresses and interstitial stresses. 

2.7. Providing mechanostimulation in in vitro models 

Flow stimulation is imparted on cell cultures in vitro using flu- 

idic devices known as bioreactors or flow chips, in which cells are 

placed in the path of flow ( Fig. 6 ). Design criteria of these con- 

structs are determined by considering the physiologically relevant 

forces to impart, and by extension the properties of in vivo flow to 

be recapitulated, as well as practical laboratory constraints. 

The vascular system contains flows of different scales and 

regimes dependent on the size, geometry and location of a vessel. 

The distinction is made between macro and micro-scale flows and 

the relative contributions of inertial, viscous and pulsatile forces. 

These factors can be quantified numerically using the Reynolds 

and Wormsley numbers, dimensionless parameters calculated us- 

ing flow velocities and vessel dimensions which provide the ra- 

tio of inertial to viscous forces, and pulsatile to viscous forces, re- 

spectively [ 15 , 107 ]. The Reynolds number also evaluates whether 

the flow is laminar or turbulent. In microvessels, viscous forces 

dominate, and the pulsatile nature of aortic flow is dampened, 

whereas in the macro circulation inertial terms become dominant 

with Reynolds number ranging from 1 in small arterioles to ap- 

proximately 40 0 0 in the aorta [107] . Pulsatile flow is highly rele- 

vant for the aorta and arterial components of the macro circulation 

due to the cyclical beating of the heart [ 15 , 107 ]. Pressure variation 

along the vessels and throughout the cardiac cycle also varies the 

circumferential strain as the vessel stretches in response. 

Inevitably, the full complexity of in vivo flow is exceptionally 

challenging to capture in vitro , so careful consideration must be 

made as to the balance of building a system which is limited by 

over-complexity, versus careful tuning of specific flow parameters. 

Mechanical shear and strains are dependent on many different pa- 

rameters and so there is an opportunity to control design crite- 

ria to provide controlled flow characteristics. The properties of the 

flowing medium as well as the geometry and substrate over or 

through which the fluid is moving influence the mechanical shear 

as flow passes over ECs and around embedded VSMCs. Pressures 

resulting from high flow velocities compact the tissue circumferen- 

tially, with the resistance of the matrix determining the degree of 

deformation. In the case of shearing forces, the magnitude of the 

mechanical force is dependent on the flow profile as well as the 

viscosity of fluid determining the friction between the flow and 

the vessel wall or interstitial matrix. 

Determining exact values for these forces in vivo is challenging. 

Shear and strain cannot be directly measured in vivo . Instead, esti- 

mations are made using imaging techniques or patient catheterisa- 

tion, often extrapolated or interpreted using mathematical models. 

For example, estimates of local velocity gradients are obtained us- 

ing imaging techniques such as Doppler echocardiography or MRI, 

and these are then used to infer values of shearing force [132–

134] . However, capturing all the intricacies of the full flow pro- 

file is challenging due to resolution limitations, and in particular 

estimates near the wall are hindered by difficulties in accurately 

tracking the moving vessel boundaries [132] . Furthermore, the as- 

sumptions required to apply mathematical models to these data 

can often simplify the complex in vivo environment. Nevertheless, 

advances continue to improve the robustness and accuracy of these 

estimates by improving the detail with which velocities are cap- 

tured and the complexity of the models used [ 133 , 135 ]. 
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When translating in vivo mechanical stimuli into in vitro sys- 

tems, concessions in terms of operating medium, scale and geom- 

etry must be made. A major difference in in vitro models versus in 

vivo is the use of cell culture medium in place of blood. Blood is 

highly viscous, with a complex rheology due to suspended partic- 

ulates, and so even in larger vessels, blood flows impart high shear 

stresses. To recapitulate this in vitro with culture medium, faster 

flows or increased spatial velocity variability is needed to maintain 

the same flow resistance, and there is a compromise to be struck 

balancing viscosity, flow velocity and geometry to reach physiolog- 

ical levels of shear. Importantly, as balancing these factors deter- 

mines the regime of the flow, careful consideration must be made 

when changing flow velocities and chamber dimensions to ensure 

flow is representative of the pathology to be studied. By passing 

flow through smaller channels, the spatial variation in velocity is 

increased, and therefore with slower or less viscous forces, high 

levels of shear can still be achieved. 

Furthermore, practical considerations in terms of scale may 

have to be made with most laboratory setups by sizing down. Mi- 

crofluidics (devices with largest dimension of order 1mm) offers 

many advantages, including reducing the number of cells, amount 

of reagents needed and enabling high throughput [ 8–11 , 136–138 ]. 

Furthermore, with increasing ease of small-scale manufacture, mi- 

crofluidic devices are able to impart specific mechanical cues with 

high tolerance [137] . Importantly, the smaller dimensions of mi- 

crofluidic devices ensure flows remain laminar [10] , which may be 

advantageous as fluid behaviour is more easily characterised and 

predicted in laminar regimes [10] . However, this could be a draw- 

back for recapitulating pathological flow at higher Reynolds num- 

bers. 

Though predominantly used for the study of micro- 

vasculatures, microfluidics illustrate that spatial complexity 

can be introduced when using small scale flow chambers. Indeed, 

as physiological flow is highly heterogeneous, microfluidic systems 

lend themselves to precise patterning of fluid pathways [10] . 

Development of micro-physiological models to study whole organ 

pathology are often used to create “organ-on-a-chip” models 

[139–142] . To this end, microfluidic chambers have been designed 

not only to impart fluid forces to cells, but also to create microvas- 

cular networks for disease modelling and drug-screening assays 

[143–145] . For example, PDMS chambers combining cancer cells 

and ECs embedded in matrix surrounded by microfluidic channels 

have been designed to deliver arteriole and venule flow regimes 

[144] . Here, ECs migrate out to the fluid channels, eventually 

lining and sealing them to create a lumen through which flow 

passes. Then, by incorporating different cancer cells, a vascularised 

microtumour model can be developed. Studying tumours in the 

presence of vasculature can not only be used to model tumour 

development and response to drugs, but also cancer metastasis, 

through a process called extravasation by which cancer cells move 

through the endothelium and into the bloodstream [ 146 , 147 ]. 

Using cancer cell extravasation models, human mammary ade- 

nocarcinoma cells movement has been shown to be impacted by 

the surrounding matrix. Indeed, osteogenic-cell conditioned gels 

promote more movement than un-treated collagen type I gels, thus 

highlighting the impact of the tissue environment in cancer pro- 

gression [148] . However, such devices model the blood vessel wall 

as a monolayer of ECs, and therefore can fall short in represent- 

ing the complex vascular networks surrounding tumours in vivo . To 

improve on these studies, microvasculature models developed for 

organ-on-a-chip tumours can be incorporated into extravasation 

studies [149] . For example, micro-vasculatures have been formed 

by co-culturing primary human bone marrow-derived stromal cells 

differentiated towards the smooth muscle cell lineage with ECs. 

This resulted in more physiologically relevant blood vessel struc- 

tures compared to those formed with ECs alone [150] . Moreover, 

using this model, the authors were further able to explore the im- 

pact of shear force on extravasation by passing flow through the 

vascular network, resulting in wall shear stresses of 0.25 dyn/cm 

2 

on ECs. The presence of flow decreased the permeability of the 

vasculature by tightening cell-cell junctions between the ECs. This 

in turn impacted extravasation rates, which were lower in flow 

conditions. 

However, despite many advantages of using small scale de- 

vices to apply shear to cells, mircofluidics are not necessarily more 

physiologically representative [10] . Use of macro scale bioreactors 

should thus not be disregarded, particularly when studying ves- 

sel pathologies in larger vessels. Furthermore, when recapitulat- 

ing large vessel events in which the Reynolds number is typically 

higher than for flows in microfluidic devices, fidelity to the flow 

regime may be important depending on the mechanism driving the 

shearing forces. 

2.8. Towards the complete recapitulation of all factors 

Thus far, we have highlighted the importance of co-culture sys- 

tems within 3D materials, and fluid flow that captures all 3 axes of 

stimulation to recapitulate important aspects of blood vessel struc- 

ture and the stimuli that act on it in vivo . Whilst models incorpo- 

rating all these aspects combined do not yet exist, there are ex- 

amples in which these factors have been incorporated individually 

using step-by-step approaches ( Table 1 ). 

A number of methods have been described to pass flow over 

monolayers of cells, including passing flow in a channel above the 

cells or shaking culture flasks [151–156] . Using such setups, 2D cul- 

tures of VSMC exposed to shear have been shown to upregulate 

expression of TGF β [156] , and downregulate MMP-2 expression, 

which inhibited cell migration [157] . Similarly, 3-25 dyn/cm 

2 of 

shear stress have been shown to prompt increased VSMC secretion 

of FGF-2 [155] . Some studies have also combined shear stress with 

pressure and stretch by seeding EC on a thin concave polymer film 

which was stretched to mimic pulsatile flow [158] . The authors 

were able to show that their device was able to deliver both phys- 

iological and pathological pressure, flow, strain, and shear stress 

whilst allowing cells to align correctly and maintain barrier in- 

tegrity compared to static cultures. Nevertheless, the shear stress 

levels on VSMCs in many studies are often higher than normal 

physiological levels and can be more than what cells are exposed 

to, even in the case of extreme pathologies [159] . 

There have also been efforts to incorporate cell-cell interac- 

tions into blood vessel models stimulated with flow. For example, 

in [160] the authors separated co-cultures of ECs and VSMCs us- 

ing a medial layer containing a variety of adhesion proteins that 

were exposed to flow using a parallel plate flow chamber. Sim- 

ilarly, Van Engeland et al . combined ECs with embedded VSMCs 

to create an “artery-on-a-chip” device [1] . In this setup, ECs and 

VSMCs were seeded in a culture channel separated by a membrane 

intended to simulate the porous internal elastic lamina found be- 

tween these cell layers in vivo . This model allows for cell-cell con- 

tact, whilst simultaneously exposing them to physiological luminal 

shear stresses, and was able to support ECs and VSMCs to maintain 

expression of phenotypic markers and normal cell morphologies. 

In particular, ECs expressed higher levels of von Willebrand fac- 

tor, and VSMCs expressed more SMA when cultured in the device 

compared to in 2D. However, in this model, VSMCs were cultured 

in 2D and interstitial fluid flowing through the 3D matrix was not 

taken into account. 

Simulation of fluid stresses can also be achieved using perfu- 

sion bioreactors. Here, 2D or 3D cell cultures are seeded in annular 

structures and flow is passed through a central lumen [ 4 , 43 , 161–

165 ]. Such setups typically focus solely on shear; however, they 

have also been modified to pass flow through a 3D VSMC-seeded 
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Table 1 

Table summarising the factors included and missing in some of the example blood vessel models described, highlighting that no one model includes all the factors necessary 

to comprehensively model vessel pathology. 

Brief Description 

Example 

Reference 

Co-culture of 

VSMCs and 

ECs 

Intercellular 

communica- 

tion 

3D culture of 

VSMCs 

Cyclic 

Strain 

Luminal 

shear 

Interstitial 

shear through 

3D matrix 

Pulsatile flow passed over a layer of 

endothelial cells cultured on a stretchable 

membrane 

[158] x x 

Monolayer of endothelial cells cultured on 

top of a layer of vascular smooth muscle 

cells separated by a layer of medial 

adhesion protein in a parallel plate 

biorector 

[160] x x x 

Monolayer of endothelial cells cultured on 

top of a layer of vascular smooth muscle 

cells separated by a porous membrane 

with flow passed over the cell cultures 

either side of the membrane. 

[1] x x x x 

Tubular scaffold seeded with vascular 

smooth muscle cells centered in a glass 

tube, pressurised from the inside to 

generate circumferential stretch, and 

perfused through the channel between 

the scaffold and glass wall to generate 

wall shear stress 

[165] x x x 

Flow driven through a 3D culture of cells 

embedded in a collagen matrix 

[32,33] x x 

tubular structure with a surrounding channel, allowing the setup 

to then be pressurised to deform and thus strain the culture [165] . 

This allows independent control of circumferential stress and shear 

stress. Whilst this type of setup allows for study of fluid stresses 

and strains on 3D cocultures, transmural flow was not taken into 

account. Indeed, this component is often overlooked due to under- 

estimation of the resultant mechanical forces on the inter-mural 

cells. 

Although limited, there are a few studies that have incorporated 

interstitial flows into blood vessel models. Strategies to achieve 

this generally involve the culture of VSMCs and/or FBs in a 3D 

matrix across which a pressure gradient is applied to drive flow 

through the gel [ 32,33 , 152 ]. For example, Wang et al . perfused a 

SMC-laden collagen gel by applying hydrostatic pressure and found 

that encapsulated SMCs upregulated production of prostaglandins 

compared to 2D controls under the same level of shear [32] . Us- 

ing a similar approach, Shi et al . studied cell migration within 3D 

cultures to model neointima formation. They combined vascular 

FBs, myofibroblasts, and SMCs and found that motility was driven 

by upregulation of MMP-1 in interstitial flow compared to no-flow 

conditions [33] . 

In studies that apply interstitial flows, the forces imparted on 

the cells are often estimated using laws that govern flow through 

porous media by considering pressures applied across cultures and 

the average flow velocities through the matrix. As the relation- 

ship between velocity and stress is more complex for flow through 

a matrix compared to tangential shear, approximations are often 

made assuming average velocities and homogenous matrix proper- 

ties throughout the 3D structure. However, whilst these approx- 

imations have served to good use, their underlying assumptions 

(which often treat the matrix as a bulk material) may oversim- 

plify the spatial variation in shear acting on embedded cells. Es- 

timates which consider the finer structural heterogeneity may give 

more realistic predictions of the forces experienced by the embed- 

ded cells. Synthetic materials in which matrix properties can be 

more robustly predicted may lend themselves more easily to these 

quantifications. We therefore suggest that advances in biomaterials 

may allow for more accurate predictions of 3D flows within the 

structure. 

Furthermore, pathological flow has been implicated in tissue 

dysregulation, prompting cells to remodel their surrounding ECM. 

This includes excessive destruction of the tissue in aneurysm and 

abnormal luminal deposition in atherosclerosis. The composition of 

the ECM in turn alters the interstitial fluid mechanics, affecting the 

transport of solutes to embedded cells. Systems in which this in- 

terplay between matrix changes in response to mechanostimula- 

tion and the subsequent altering of these mechanical cues may be 

important to capture these bi-directional effects [ 166 , 167 ]. There- 

fore, advances in biomaterials, which allow for representative cell- 

matrix interaction in the presence of flow is vital, once again high- 

lighting the role of material properties for both meaningful static 

and dynamic disease modelling. 

Building towards more representative in vitro experiments, the 

optimal way to simulate pathologies in arteries is likely to include 

all the pertinent stresses and strains with representative cell cul- 

tures in one setup ( Fig. 7 ). Design of such a model is complex and 

requires careful consideration of how to incorporate these forces 

whilst retaining the ability to quantify them and control stimuli 

independently. Advances in the techniques outlined above may al- 

low simultaneous 2D and 3D flow with different cell types to be- 

come increasingly feasible allowing for reductionist models which 

can incorporate all the major stimuli to vascular cells. 

3. Future perspectives 

Reductionist blood vessel models are proving to be useful tools 

in vascular disease modelling. These simplified setups may allow 

researchers to uncover underlying mechanisms that contribute to 

vessel pathologies, which can often be challenging to study in na- 

tive tissue. However, by reducing the complexity of the cues in the 

in vitro environment, fidelity is limited, and potentially key stimuli 

may be overlooked. Therefore, conclusions should be critically ap- 

praised in the context of these limitations and verified using other 

approaches, if possible. 

Undoubtedly, the mechanisms that underlie complex vascular 

diseases are multi-faceted and involve complex interactions be- 

tween the factors highlighted in this review. Whilst studying cell- 

cell interactions, cell-ECM interactions, or flow mechanotransduc- 
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Fig. 7. Schematic showing an ideal in vitro blood vessel model, which includes patient-derived vascular cells to study the effects of pathological stimuli for personalised 

disease modelling. Created with BioRender.com . 

tion independently may not be able to fully explain disease ae- 

tiology, by combining results obtained from in vivo studies with 

carefully constructed disease models, it may be possible to uncover 

factors that influence disease pathogenesis or progression. Indeed, 

elucidating the underlying mechanisms that drive vascular diseases 

may not only be important for understanding disease pathogenesis, 

but also key for identifying future therapeutic targets. 

Not only can disease modelling potentially uncover underlying 

disease mechanisms, but the high controllability of the experimen- 

tal conditions lends itself to use with techniques that may not be 

possible in tissue studies. Most notably, experimentally informed 

mathematical models are increasingly being applied in the fields 

of tissue engineering and disease modelling [168–170] . The con- 

cept underpinning such models is often the construction of a dig- 

ital twin, whereby mathematical models constructed using exper- 

imental data predict biological behaviours, building in complexity 

as more experimental results are considered. In silico models can 

then be used to generate and test mechanistic hypotheses, study 

sensitivity to uncontrolled factors, and eventually produce in sil- 

ico data that informs experimental decisions. Conversely, empiri- 

cal data is used to parameterise and validate or extend the in sil- 

ico models. A robust relationship can then be established between 

stimuli and cell behaviour through mathematical relations, and this 

can prove an extremely valuable tool for testing hypotheses around 

the mechanisms which underpin specific pathological behaviours. 

This combined approach, spanning in vitro experiments and math- 

ematical models therefore not only serves to quantifiably charac- 

terise cell behaviours, but by building models capable of making 

validated predictions, can be used to reduce the number of ex- 

perimental conditions required, ultimately expediting and reducing 

waste in in vitro work [168] . 

Furthermore, and particularly in the case of fluid forces, neither 

tangential nor interstitial shear can be experimentally measured. 

Therefore, quantification of mechanical forces is reliant on in silico 

work. However, creating robust mathematical models is reliant on 

reproducible, tightly controlled and characterisable setups. Given 

the need to work in 3D configurations, biomaterials are central to 

these models. The material’s ability to facilitate cell-matrix inter- 

actions is one of the limiting factors in creating viable 3D cultures 

and so creating bioactive synthetic hydrogels may be key. 

Vessel models for studying disease progression may also allow 

the use of vascular cells differentiated from patient-derived in- 

duced pluripotent stem cells (iPSCs). Advances in cell differentia- 

tion techniques and organoid derivation and culture have led to an 

increase in the use of patient-specific cells for disease modelling, 

particularly in gastrointestinal, cardiac, neural, hepatic and renal 

disease [ 5 , 141 , 171–174 ]. Indeed, use of human iPSC to derive ECs 

for use in microvasculature have also emerged for use in organ- 

on-a-chip models [ 142 , 175–178 ]. 

Patient-specific models offer obvious advantages in disease 

modelling, considering the role of genetics in cellular response to 

stimuli. Although some work has been made with use of iPSCs 

in cardiovascular applications, there is a paucity of work looking 

specifically at vessel disease [ 52 , 179 ]. We suggest that advances 

in this research area may lead to an understanding of pathologi- 

cal stimuli in large vessel diseases specific to patient genetics and 

make strides towards personalised disease modelling. 

4. Conclusion 

This paper highlights the main techniques used to create in 

vitro blood vessels for disease modelling and their limitations. As 

of yet, no one model exists that takes into account all the per- 

tinent factors present in vascular disease. Looking forward, there 

is a need to develop more comprehensive models combining the 

best advances in biomaterials, fluidic devices, computational mod- 

els and stem cell research. Reductionist in vitro models using iPSC- 

derived patient cells could serve to advance personalised medicine 

and develop therapeutic interventions. 
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Chapter 2

Hypotheses and Aims

The goal of this project was to build a model to determine the haemodynamic contribution to

pathological remodelling of the vascular ECM. Our review paper highlights the paucity of re-

search on mechanotransduction from interstitial flow and the importance of studying this on cells

in 3D. Given the importance VSMCs have in maintaining the ECM of the medial wall and their

fundamental role in aneurysm development we aimed to address this gap by developing a plat-

form to interrogate the role if any of interstitial flow in VSMC-ECM remodelling and the wider

implications for aneurysm development.

We hypothesised that fluid forces can modulate cellular behaviour in 3D in-vitro models of the

vessel wall, stimulating the breakdown of ECM, leading to aneurysm-like behaviour. By extension

we hypothesised that these models can then be used to highlight the contribution of pathological

flow seen in BAV patients to aneurysm development. In particular we hypothesised that:

• Interstitial shearing forces on VSMCs are non negligible. Their impact on ECM remodelling

can be recapitulated by encapsulating VSMCs in ECM mimicking hydrogels and exposing

them to flow

• A significant amount of mechanotransduction-mediated ECM remodelling is independent of

signalling between ECs and VSMCs and by extension, independent of luminal flow

• A proportion of ECM regulation failure can be stimulated by fluid stresses alone, indepen-

dently of genetic contributions in BAV disease

• Thresholds of fluid stresses/gradients prompting pathological cell behaviour can be identified

to help stratify patients for aneurysm risk in the future

To test these hypotheses, we aimed to develop a model combining 3D culture of VSMCs in

ECM mimicking hydrogels combined with microfluidics to impart fluid stresses. Specifically we

aimed to:
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1. Determine a suitable biomaterial in which to encapsulate VSMCs cultures in 3D, character-

ising mass transport within the material, material degradability and permeability to flow

2. Develop a suitable static in-vitro baseline model to study VSCM cell ECM interaction ex-

ploring VSMC viability, ability to remodel their surrounding matrix and lay down newly

synthesised proteins

3. Develop a method to include fluid flow mechanostimulation into these models using a mi-

crofluidics setup

2.1 Thesis Structure

There are 3 main areas of work in this thesis: characterising the biomaterial used to encapsulate

cells in the model (Aim 1), developing the 3D culture of cells (Aim 2) and incorporating flow into

the system (Aim 3). Chapters 3 and 4 of this thesis focus on Aim 1, with Chapter 3 characterising

biomaterial degradability and permeability to flow and Chapter 4 focusing on predicting mass

transport of molecules through the matrix. In Chapter 5 we introduce cell cultures into the model

and explore the viability of primary VSMCs and their ability to remodel the biomaterial. Finally

in Chapter 6, microfluidics systems to include flow into the model are introduced. The model as

a whole is then discussed looking at limitations and areas for future work.
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Chapter 3

PEG-peptide Hydrogel

Characterisation: Exploring

Degradability and Permeability

Chapter Abstract

Background: To develop a reductionist in-vitro model of vascular cell ECM remodelling, a

hydrogel with encapsulated cells can be used in place of tissue samples. For the specific purposes

of studying cell-matrix interactions in the presence of flow, the hydrogel at baseline needs to be

degradable by cells, be permeable to flow and allow for effective mass transport to and from cells.

The first two chapters of this thesis serve to characterise these properties of the selected hydrogel

before cell cultures are introduced.

Aim: The aim of this first chapter is to present the synthetic PEG-peptide hydrogel chemistry,

assess the hydrogel degradation behaviour and ascertain the hydrogel’s Darcy permeability.

Methods: Hydrogel degradability was assessed in the presence of exogenous MMPs 1 and 9

by incubating samples of different percentages of degradable cross-links with MMPs in solution

and measuring the concentration over time of the tryptophan group found on cleaved peptide

fragments. Permeability was assessed using two separate methods to track flow through the hy-

drogel under pressure: particle tracking velocimetry (PTV) and Micro Electro-Mechanical System

(MEMS) based pressure measurements. Permeabilities of hydrogels of different polymer contents

were made as well as measurements at different pressures.

Results: Hydrogels with greater numbers of cleavable cross-links were degraded at a faster

rate in the presence of MMPs. Both PVT and MEMS methods proved to be suitable for measuring

hydrogel permeability which was found to be on the order of 10−16m2. Permeability decreased

with increasing applied pressure.
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Conclusion: The data in this chapter confirms that degradability of the PEG-peptide hy-

drogel can be altered by changing the number of MMP-cleavable cross-links. Furthermore, the

methods presented show 2 suitable assays for measuring the permeability of relatively imperme-

able hydrogels. Permeability of different hydrogels can be assessed to predict the flow velocities

through the matrix under known applied pressured.
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3.1 Introduction

To create our 3D reductionist in-vitro model, a biomaterial is used to encapsulate cells in lieu of

using tissue samples. As previously described in Chapter 1, this allows us to reduce the complexity

of our models and study independently how specific cues impact cellular behaviours by stripping

back the multitude of factors at play in-vivo. Hydrogels are suitable materials for this purpose

due to their dual phase nature: a cross-linked solid polymer phase mimicking the ECM and the

liquid phase in between available for mass transport. Synthetic hydrogels in particular offer a

high degree of control over the chemical and mechanical environment, compared to their naturally

derived counterparts. Parameters can be individually tuned thus making these hydrogels highly

amenable for mechanotransduction studies.

For our in-vitro model we chose to use a fully synthetic poly(ethylene glycol) (PEG) hydrogel

cross-linked with bioactive peptides, hereon in referred to as the PEG-peptide hydrogel system.

The PEG-peptide system has been extensively described and characterised in two publications

from our lab. This hydrogel was first published with by Jowett et al where it was used to study

the impact of ILC1 immune cells on ECM remodelling by intestinal organoids and the consequences

for inflammatory bowel disease. Some of the work presented in this chapter contributed to the

hydrogel characterisation section of that paper. The hydrogel is further characterised in the

publication in Chapter 4 [Lust et al., 2021a]. Information on the hydrogel is reproduced here

for clarity but some of the detail is omitted for the sake of avoiding repetition. This hydrogel’s

chemistry was previously developed before the work of this thesis by previous lab group members.

All the work presented here is characterising the material properties or using the system for in-vitro

culture.

Synthetic hydrogels without modification to include bioactive peptides are not hospitable to

cells. Traditionally introducing bioactive motifs is not trivial and can often lead to defects in the

hydrogel. The main method for incorporating peptides into hydrogels is by cross-linking peptides

with cysteine groups on both ends to PEG macromers with alkene-containing groups on the end of

the PEG macromer arm. Since both ends of the peptide can indiscriminately react with any end

of the PEG macromer, this can lead to defects due to primary loops (in which both ends of the

peptide react to the same PEG thus not contributing to the cross-linking of the overall system)

or dangling PEG ends which have not been reacted with. These inhomogeneities are detrimental

to the cross-linking efficiency, thus increasing the amount of polymer needed in order to achieve

hydrogel formation. They also introduce unknown defects into the system reducing reproducibility

and the degree to which it can be represented by theoretical estimates with assumed homogeneous

properties. To overcome this in our system, peptides have differently reacting ends and are first

reacted with a four-arm 10 kDa PEG-NPC (JenKem Technology, USA) to form PEG–peptide

conjugates as shown in Figure 3.1. This is then mixed with a 10 or 20 kDa PEG tetramer with

44



a vinyl-sulphone end group (JenKem Technology, USA) to form the hydrogel network. Each end

of the peptide can only react with either the NPC or VS group. This two stage cross-linking has

been shown to reduce the number of defects within the system, thus allowing hydrogels at polymer

solid contents as low as 2% weight/volume (W/V) to form [Jowett et al., 2021]. In our system

we have 3 peptides which can be cross-linked into the hydrogel: a non functional peptide Ac-

KDW-ERC-NH2, an RGD based adhesive peptide, (RGDSGD)K–GDQGIAGF–ERC–NH2) and

an MMP cleavable sequence DEG (Ac–GRDSGK–GPQGIWGQ–ERC–NH2). These are referred

to from hereon in as non-functional, adhesive and degradable respectively. All peptides are custom

synthesised by Peptide Protein Research, Ltd. (UK),> 98% purity. Stiffness of the hydrogel is

altered by altering the total number of PEG macromers (VS and conjugate) in the reaction thus

altering the polymer solid content. The properties of the hydrogel are altered by changing the

proportion of conjugates with adhesive, degradable or non-functional peptides. Each conjugate

has the same peptide on all 4 arms and the ratio of each conjugate type is then changed. The non-

functional peptide serves to act as a “filler” peptide which makes a cross-link without changing

the bioactivity. Thus for the same number of cross-links (polymer content), degradability or

adhesiveness can be altered meaning these properties can be independently tuned from stiffness.

Full details of the chemistry are provided in Chapter 4.

For our purpose of using this biomaterial to study vascular cell-ECM interaction in the presence

of interstitial flow, the following criteria need to be met:

• Allow for active transport of nutrients and other molecules to and from encapsulated cells

(this is addressed in Chapter 4)

• Allow cell mediated degradability ie for hydrogel cross-links to be MMP cleavable

• Allow flow to be passed through the material around 3D encapsulated cells ie to be permeable

• Support long-term culture of encapsulated vascular cells (this is addressed in Chapter 5)

For the work in [Jowett et al., 2021] we characterised the degradation behaviour of the hydrogel

in the presence of exogenous MMPs and this work is reproduced for this thesis in this chapter.

The bulk of the work in this chapter however, relates to assessing hydrogel permeability which as

it turns out was very challenging to characterise.

3.1.1 Hydrogel Permeability

In the aim of delivering fluid cues to embedded cells, the mechanics of flow moving through

the hydrogel needs to be considered. Indeed the way in which fluid can move through the matrix

inpacts the mechanical forces imparted, internal pressures in the structure, as well as affecting mass

transport to and from embedded cells. Darcy permeability (κ) referred to simply as permeability
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Figure 3.1: Diagram showing the 2 stage reaction used to form the PEG-peptide hydrogel system.
PEG-4NPC is first conjugated with degradable, adhesive or non-functional peptides to form a
peg-peptide conjugate. This conjugate is then reacted at 1:1 ratio with PEG-4VS. This image is
reproduced from [Jowett et al., 2021] and credit is given to G. Jowett.

hereon in, is a macroscopic property used to characterise this fluid movement and is defined

as the ease with which a porous material can transmit flow through it [Dias et al., 2012]. It

is affected by the degree of free space in the material (porosity or void volume fraction), as

well as the orientation and inter-connectivity of these spaces (tortuosity) [Dias et al., 2012]. In

essence, the structure of the material is as important as how much free space there is for flow

to get through, meaning a highly porous material is not necessarily a highly permeable one.

Independently assessing hydrogel porosity and tortuosity can be challenging and unreliable due

to limitations in measurement techniques [Chor and Li, 2006]. Furthermore estimates of these

parameters have lead to incorrect conclusions where more porous scaffolds were expected to allow

easier mass transport within the hydrogel but did not [Chor and Li, 2006]. To overcome this,

techniques have been developed to measure permeability directly. Darcy’s law states that the rate

of flow through a material is proportional to the applied pressure across it given by:

Q =
κA

µL
△P, (3.1)

where Q is the volumetric flow rate through the material (in m3/s), A is the cross-sectional

area of the material in the direction of flow (in m2), L is the length of the material in the direction

of flow (in m), µ is the dynamic viscosity of the fluid (in Pa·s), △P is the pressure gradient applied

(in Pa) and κ the material permeability (in m2).

The most direct way to measure permeability is to apply a pressure across a known volume

of material and measure the flow rate of the fluid coming out. There are 2 main ways to ap-

ply pressure to the material: using a pump or hydro-static pressure [Pennella et al., 2013]. In
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the former, a peristaltic or constant pressure pump is connected to a reservoir via tubing and

then this is connected to a chamber containing the material through which the flow must pass

[Ochoa et al., 2009, Wang and Tarbell, 2000, Truscello et al., 2012, Shimko and Nauman, 2007].

In hydrostatic pressure setups, instead of using a pump, a static head of water is used to gen-

erate pressure [Bagarello et al., 2004, Sanz-Herrera et al., 2008, Shimko et al., 2005]. The hydro-

static pressure is given by:

P = ρgH, (3.2)

where ρ is the density of the fluid (in kg/m2), g is the acceleration due to gravity (in m/s2) and

h the height of the column of fluid (in m).

In order to measure permeability with these techniques, the applied pressure and the flow

rate of liquid through the material need to be accurately measured. Applied pressure is usually

ascertained by measuring the pressure differential either side of the material using a pressure gauge.

The more challenging aspect is measuring the rate of the resultant flows. With highly permeable

materials, lower pressures can be applied to achieve large flow rates which can easily be measured

by for example collecting the fluid volume over a set period of time as in [Shimko et al., 2005].

However in the case where slower flows need to be detected, alternative methods are required. In

[Wang and Tarbell, 2000], Wang et al measure flow rate by tracking the movement of an airbubble

positioned in the tubing after the material using a spectro-photometer to record the displacement

of the bubble over time. Another possible method is to infer the volumetric flow rate by measuring

the pressure increase caused by this displacement into a closed cavity using a pressure gauge as in

[Cacheux et al., 2022]

Estimates of hydrogel permeability can also be obtained by using theoretical relationships

between properties of the material microstructure such as porosity, to permeability itself as

in [Dias et al., 2012, Sanz-Herrera et al., 2008]. The microstructure characteristics are either

assumed from theoretical estimates or experimental values can be obtained by imaging the

material microstructure. This is usually achieved using micro computed tomography (µCT)

[Pennella et al., 2013]. The structure of the material is reconstructed from images and then simu-

lations are run to resolve for unknown parameters [Sanz-Herrera et al., 2008]. These simulations

use numerical methods for geometries for which equations cannot analytically be resolved, by de-

scretising the total geometry into simpler volumes. More details on these methods are given in

Chapter 6.

Although estimates based on these imaging techniques have been shown to be capable

of faithfully capturing permeability compared to direct methods for materials such as Spon-

ceram (a ceramic) in [Sanz-Herrera et al., 2008], capturing the necessary data to use these

methods remain a challenge with hydrogels. The preparation involved for µCT likely de-
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forms or alters the hydrogel microstructure during freeze-drying steps [Rahman et al., 2013,

Dušková-Smrčková et al., 2021] although advances are being made to address these issues

[Varley et al., 2016, Offeddu et al., 2016]. We therefore decided to measure permeability directly.

In this chapter we present 2 separate methods we used to determine the permeability of our

PEG-peptide hydrogel system and discuss why some other methods were unsuccessful.

3.1.2 Chapter Aims

The data in this chapter address Aim 1: assessing the suitability of the PEG-peptide hydrogel

system to study cell-mediated remodelling. The specific aims of this chapter were to:

• Assess hydrogel degradation behaviour

• Determine the permeability of the hydrogel to flow
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3.2 Methods

3.2.1 Hydrogel Synthesis

The PEG-peptide hydrogel is formed by reacting PEG-peptide conjugates with the desired pep-

tides with a 10 or 20 kDa PEG tetramer with a vinyl-sulphone (PEG-VS) end group (JenKem

Technology, USA) in a 1-1 ratio. Both the PEG-VS and PEG conjugate components are first

dissolved to the correct concentration in basic HEPES buffer (30 mM PH8) to favour the cross-

linking reaction before both solutions are mixed thoroughly to allow homogeneous cross-linking.

The peptide sequences in the conjugates have a thiol containing cysteine group on their ends and

thus when mixed in hepes, free negative ions in the buffer can accept protons from the thiol group

which is then negatively charged. This group is then able to react with the VS group on the

second PEG through nucleophilic substitution (Michael type addition).

Samples are then incubated at 37◦C for 45 mins to fully form before media or PBS is added

around the hydrogels to keep them hydrated. All cross-linking is performed with low protein

binding tips and eppendorf tubes to minimise loses. This is important as hydrogels of relatively

low polymer content are made (down to 2% W/V) and thus maximum retention is needed. The

required mass of each PEG component is calculated by considering the total desired polymer solid

content for a particular volume of hydrogel. To simplify this process, as part of this PhD project

a MATLAB script was written which computes the required masses by first asking the user to

specify the total volume of hydrogel to be made, the polymer content of the hydrogel, and the

ratio of peptides desired. A “recipe” is then printed with the correct masses and volumes in which

to dissolve the respective components. This MATLAB code is given in Appendix 3.6.

Before hydrogels can be formed, the PEG-peptide conjugates are made in a 2-day conjugation

process. Peptide salts provided by the manufacturer are designed with a lysine group at one end

and a cysteine group at the other. The primary amine in the lysine group is protected by a

trifluoroacetic acid (TFA) group. The peptides are then first dissolved in DMSO and mixed with

triethylamine (TEA) which through an acid-base reaction removes the TFA group to expose the

primary amine. A PEG tetramer with nitrophenyl carbonate (NPC) end groups are added to the

peptide DMSO solution at a molar ratio of 12:1 for the non functional peptide, 8:1 for the adhesive

peptide and 10:1 for the degradable sequence. These molarities have been optimised for the highest

conjugation efficiency tested using size exclusion chromatography to determine the proportion of

modified arms on the PEG tetramer previously by T. T. L. Yu. The PEG-NPC is added drop-wise

to ensure the peptide is in excess compared to the PEG to further maximise conjugation efficiency.

In this reaction, the NPC group on the PEG NPC is replaced by the peptide through nucleophilic

substitution in which the primary amine on the peptide lysine conjugates attaches to the exposed

carbon on the PEG where the NPC group was cleaved off. Free NPC and DMSO are removed by

liophilisation.
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The conjugates are then purified to remove any unreacted PEG-NPC before being aliquoted,

snap frozen and lyophilised prior to storage at −20◦C. Quality control on each batch is performed

by first estimating the amount of peptide conjugated using the nanodrop and quantifying the

available free thiol groups using Elmmans reagent assay. In this assay 5,5-Dithiobis(2-nitrobenzoic

acid) (DTNB) reacts with free thiols to produce a measurable yellow product whose quantity is

assessed using a plate reader to measure sample absorption at 412 nm. The details of this protocol

are also given in [Jowett et al., 2021]. This protocol was established before the work in this PhD

and thus other than some minor optimisation, the steps were only reproduced here to generate

conjugates.

3.2.2 Assessing hydrogel degradability

Our hydrogel system is designed to allow encapsulated cells to break down degradable cross-links

via MMP secretion. This degradable sequence contains a tryptophan, which can be detected

using absorbance measurements at 280 nm. Therefore we developed an assay to measure hydrogel

degradation through tryptophan release.

Thirty µL hydrogels were cast at the bottom of 96 well plates and once formed were topped

up with PBS and allowed to swell for 24 hrs. Subsequently the PBS was replaced with either 84.6

nM human recombinant MMP1 (Abcam 124850) or 89.5-nM human MMP9 (Sigma SAE0078) in

Tris Buffer (50 mM Tris, 100 mM NaCl, 10 mM CaCl2, at pH 7.5). The salts in the buffer help to

maintain the activity of the MMP enzyme in solution. These concentrations of MMPs were decided

on after trial incubations to determine concentrations which would lead to a degradation time scale

that was fast enough to be captured in a reasonable time but at a slow enough rate so that the

precise degradation profile could be obtained. At regular time intervals, 30 µL samples of solution

were taken from above each sample. The solution was thoroughly pipetted to ensure homogenous

concentration of tryptophan groups and disrupt any clumps whilst ensuring to do this gently to

avoid breaking up the degrading hydrogel. The 30 µL was then transferred to a UV vis plate

and the tryptophan absorption was measured on a plate reader (BMG Labtech CLARIOstar) at

discreet wavelength of 280 nm and normalised to buffer alone (with MMP) . The solution was then

transferred back to the hydrogel samples. We tested 2.5% W/V hydrogels of varying degradability

using 0, 25, 45, 75 or 100% of PEG-peptide conjugates containing a degradable sequence (all other

cross-links formed using non-functional peptides). This work was conducted for the publication of

[Jowett et al., 2021] and was done in collaboration with M. Norman and D. Marciano. The work

was divided equally.
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3.2.3 Particle Tracking Velocimetry - Collaboration with the Ecole

Polytechnique

This work was conducted as a collaboration with C. Desalles from the Ecole Polytechnique and the

work was divided evenly. A commercially available microfluidics chip (Ibidi µ-Slide VI 0.4) was

filled with hydrogel to create a 30 µL solid channel of hydrogel (17 mm × 3.8 mm × 0.4 mm) and

connected to another empty identical channel. These were then connected to a reservoir containing

a suspension of 1 µm diameter beads (Polysciences Fluoresbrite ®YG Microspheres) at a density

of 4.55×108 beads/ml. The suspension was driven through the channels by a compressor which can

generate up to 2 Bar of pressure (Fluigent Microfluidic Low Pressure Generator FLPG Plus) and

a pressure controller (Fluigent Microfluidic flow controller Flow ETM). The empty channel before

the hydrogel was used in order to easily image the beads moving. The setup is shown in Figure

3.2. The empty channel was placed under the microscope at 20X magnification and 30 second

videos of 2 images/second were taken for flows through the channel. Videos of bead movement

were analysed using the Trackmate interface in ImageJ [Ershov et al., 2022]. The simple LAP

tracker was used with a max distance linking 2 particles of 15 µm and a gap closing distance of 5

µm if particles are lost from one frame to the next. Beads were automatically segmented using the

DoG detector with a particle diameter of 2 µm. Tracks were then imported into MATLAB and

analysed using the written script in Appendix 3.7. Flow rates were calculated only considering the

x-displacement of each bead and dividing over the recording time, from which then permeability

can be calculated using the applied pressure as in Equation 3.1. Recordings were made for flow

through hydrogels at different applied pressures.

3.2.4 MEMS Based Pressure Sensor Method - Collaboration with the

University of Tokyo

Whilst the PTV method yielded good results for determining hydrogel permeability as discussed in

the results section, we wanted to confirm our readings using an alternative method. Furthermore,

for reasons which are discussed later in this chapter, certain limitations with the PTV method

meant we wanted to use a technique with a a potentially higher degree of precision in order to be

able to measure small changes in permeability. A postdoc in the Matsunaga lab at the University

of Tokyo, J. Cacheux, had developed a permeability assay using a pressurised closed cavity to

precisely determine hydrogel permeability [Cacheux et al., 2023]. With this method, permeability

is estimated by determining the volume passed through the hydrogel as the increase of pressure

caused by the entry of this flow into a closed chamber. The device was setup as shown in Panel A

and C of Figure 3.3. Pressure measurements are made using a Micro Electro-Mechanical System

(MEMS) based pressure sensor. The chip shown in Panel A of Figure 3.3 is connected to a pressure

controller (Fluigent MFCS) to control the flow passing through the hydrogel sample. The closed
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Figure 3.2: Figure showing the particle tracking velocimetry setup used to measure hydrogel
permeability. A compressor and pressure controller are used to pressurise a reservoir containing
a suspension of micro beads which are then driven through an empty channel connected to a
channel filled with hydrogel. The motion of the beads is captured recording 30 second videos
using a 20X objective to measure velocity and hence flow rate for each applied pressure from
which permeability can be calculated. Image made using Biorender.com.
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pressure cavity is connected to a pressure sensor (Merit Sensor LP series) in which deflection of a

strain gauge caused by increased pressure is converted into an electrical signal recorded as change

in voltage by a digital multi-meter (Agilent, 34401A), with pressures and voltages recorded using

LabVIEW software. The sensor is contained on a 3D printed mechanical piece (Elegoo Mars 3,

water washable resin) [Cacheux et al., 2023]. This setup was entirely designed from scratch by

J. Cacheux previously and the work we conducted in Tokyo was optimising the setup for the

PEG-peptide system and data collection.

Silicon moulds were cut to house the hydrogel in as shown in Panel B of Figure 3.3. A

7 mm diameter hole was punched into 1 mm thick silicon sheet to make the hydrogel mould.

Hydrogels were formed in the mould resting on glass slides treated with Sigmacote®siliconising

agent (Sigma). Since the glass was then hydrophobic samples were able to be lifted and stay in

tact. These were then placed in the chip with a 40 µm nylon mesh on the top to act as permeable

barrier to keep the hydrogel in place. On top of the mesh, another silicon sheet with a 5 mm

diameter hole was placed as shown in Panel D3 of Figure 3.3. The chamber was then pressurised

at different values and the readings from the pressure gauge recorded.
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Figure 3.3: Figure showing the MEMS setup for measuring hydrogel permeability. Panel A shows
a photograph of the chamber in which silicon moulds are enclosed and flow is passed through
the samples. Panel B shows an example of the mould shape in which a hole is punched and the
hole is filled with hydrogel. Panel C shows a schematic of the device and the path of the flow
pumped up through the hydrogel sample and into a closed pressure cavity. Pressure changes are
then measured and used to calculate flow rate. Finally Panel D1-D3 show examples of different
configurations attempted. In D1, the hydrogel is simply in the silicon mould but the sample was
seen to detach from the walls and thus flow was able to bypass the hydrogel. In D2 a second mould
with a smaller hole was placed on top of the hydrogel to clamp the sample in but the material
was seen to extrude and then break at high pressures. Finally, in D3, the setup was tested with
a larger hole in the silicon on the top of the hydrogel but with a permeable 40 µm nylon mesh
to keep the sample from moving up into the cavity. This design was the most suitable and the
method carried forward for measurements.
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3.3 Results

3.3.1 Hydrogels with a higher degree of degradable cross-links degrade

faster in the presence of exogenous MMPs

Hydrogels of different percentage degradability were incubated with exogenous MMP-1 or MMP-9

and the absorption of tryptophan found on cleaved peptides was measured. Results were then

calculated as a percentage of the total peptide content in the initial hydrogel as shown in Figure

3.4. The chosen MMP concentrations allowed for the initial rapid rate of bond cleavage to be

captured by sampling over the hours time scale but by continuing the experiment over the course

of several days we were able to see the reduction in rate of cleavage as hydrogels tended towards

total degradation. As predicted, hydrogels which included a higher degree of degradable cross-

links degraded faster in the presence of MMPs (Anova with Tukey’s multiple comparison test at

t=8 hrs for MMP-9 showed: p=0.0015 0% vs 25%, p < 0.0001 0% vs 75% or 100%, p=0.0073 25%

vs 75% and p=0.0015 25% vs 100%, no difference between 75% and 100%; at t=6 hrs for MMP-1:

p=0.0077 0% vs 75%, p=0.0129 0% vs 100%, p=0.0097 25% vs 75% and p=0.0169 25% vs 100%,

no difference between 0% and 25% or 75% and 100%). Degradation in the presence of MMP-1

appeared to happen at a faster rate than with MMP-9. Since similar concentrations were used (84.6

nM vs 89.5 nM respectively) this indicates that MMP-1 may act at a faster rate on our degradable

sequence. Indeed this is in accordance with predictions made in [Nagase and Fields, 1996] in which

the relative activity rates are given for different MMPs on different cleavable sequences.

3.3.2 Measurements by PTV can be used to determine hydrogel per-

meability

The permeability hydrogels of 2, 2.5, 5 and 10% polymer solid content were measured at pressures

ranging from 200 to 900 mBar as shown in Figure 3.5. The permeability of the PEG-peptide

hydrogel is on the order of 10−16m2. Differences in permeabilities between hydrogels of differing

solid content appear to reduce as pressure increases as shown in Figure 3.5. Kruskal-Wallis with

Dunn’s multiple comparison statistical test revealed that for 2% and 2.5% hydrogels permeability

significantly decreased for fixed solid content with increasing applied pressure between 200 and

800 mBar (for 2% p=0.0259; for 2.5% p=0.0099). However, differences between measurements at

different pressures were not observed for higher solid content hydrogels (p > 0.5). Furthermore, we

would expect to see a decrease in permeability with increasing polymer content due to a reduction

in available spaces in which fluid can move but the variability in data obtained using the PTV

method did not allow us to determine significant differences between different polymer contents.
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Figure 3.4: Figure showing the percentage of cleaved cross-links over time for hydrogels of different
percentage degradabilities in the presence of exogenous MMP-1 (A) and MMP-9 (B). A hyperbola
is used to fit mean values based on 2 technical replicates (independent hydrogels) in A and 3 for
B.

Figure 3.5: Figure showing the permeability at different pressures for hydrogels of different poly-
mer solid content as measured by PTV. Three technical replicates (independent hydrogels) are
measured for each polymer solid content.
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3.3.3 Measurements made with MEMS confirm permeability values

obtained using PTV

The permeability hydrogels of 2, 3 and 4% polymer solid content were measured at pressures of

100, 200 and 300 mBar as shown in Figures 3.6 and 3.7. The permeability was found to be on the

order of 10−16 m2. Kruskal-Wallis with Dunn’s multiple comparison statistical test revealed that

permeability decreases with increasing pressure for 2 and 3% hydrogels (for 2% p=0.0219 100 vs

300 mBar; for 3% p=0.0219 100 vs 300 mBar; (4% not tested).

In order to compare the results obtained using the PTV and MEMS method, we plot perme-

ability against pressure gradient to account for the fact that the applied pressure is over a different

distance in both setups. Indeed an applied pressure of for example 200 mBar over a 17 mm length

of hydrogel in the PTV method, results in a different pressure gradient over the length of the

material than when applied over the 1 mm thickness in the MEMS setup. Results are plotted

together in Figure 3.8. Data with both methods found the permeability of the hydrogel to be on

the order of 10−16 m2. Only the 2% hydrogel has been measured using both methods at this stage

but the combined data followed the same trend whereby permeability decreases with increasing

pressures. The results indicate that both methods are reliable for determining permeability and

yield similar values for permeability.
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Figure 3.6: Figure showing the comparison of permeability of hydrogels of different polymer solid
content at 3 different pressures using the MEMS method. Statistical analysis: Mann-Whitney
test for 2 and 3% conditions only (insufficient n numbers at 4%). Three technical replicates
(independent hydrogels) are measured for each polymer solid content.

Figure 3.7: Figure showing the permeability at different pressures for hydrogels of different polymer
solid content as measured by MEMS. A second order polynomial is used to fit mean values based
on three technical replicates (independent hydrogels) other than the 4% hydrogel data which is
only of 1 replicate.
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Figure 3.8: Figure showing the combined permeability values obtained using the PTV (2 and
2.5%) and MEMS (2, 3 and 4%) plotted against pressure gradient. A second order polynomial is
used to fit mean values based on at least three technical replicates (independent hydrogels) other
than the 4% hydrogel data which is only of 1 replicate.

3.4 Discussion

In this chapter we aimed to characterise the PEG-peptide hydrogel for use in our in-vitro vas-

cular model. Specifically we looked to show that the matrix degradability can be controlled and

that the material is permeable to flow. Other important properties such as material swelling be-

haviour and stiffness measurements have been performed previously in [Jowett et al., 2021] and

[Lust et al., 2021a].

Results from the degradation assay show that by altering the number of MMP cleavable cross-

links we can indeed control the rate of degradation by exogenous MMPs. By extension, MMP

producing encapsulated cells should then be able to break down the matrix and therefore this

material is suitable to study cell mediated ECM breakdown in our model (discussed further in

Chapter 5).

We then sought to characterise the hydrogel’s permeability using direct relations between pres-

sure and flow rate from Darcy’s law. We encountered difficulties attempting to assess permeability

using standard techniques reported in the literature [Pennella et al., 2013]. We first attempted to

determine hydrogel permeability using both the pump driven and hydro-static pressure methods,

and collecting the resultant flow to measure volumetric flow rates. In these two setups, shown

in Figure 3.9 Panel A and B, custom 3D printed discs of varying thickness were made using an

Ultimaker 3 printer, shown in Figure 3.9 Panel C1. Discs were fabricated by gluing nylon from

40 µm cell strainers to the underside. The nylon induced enough surface tension to keep liquid

hydrogel in place on top of the strainer during the cross-linking process until formed but was

permeable enough not to affect readings. These 3D printed rings were then placed and screwed
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into a brass fitting as shown in Figure 3.9 Panel C2. Tubing was connected to the fitting with

either a raised reservoir to generate a hydro-static head or a peristaltic pump.

In either setup, there appeared to be no consistent flow coming through the hydrogel or else in

the case with the pump the pressure was increased to a point where either a leak would develop

or the hydrogel would puncture. With these results we realised that our hydrogel was likely

highly impermeable as these techniques which work for hydrogels such as collagen were unable

to yield reliable results. Furthermore we realised that the setup would need to be tighter, with

fewer connections and moving parts in order to ensure water was not passing through by avoiding

the hydrogel and simply through a lose connection or gap. We therefore concluded from these

failed attempts that we would need to apply much higher pressures but also develop more precise

methods for measuring the resultant flows as these were likely to be much smaller than we first

anticipated.

To address this we then sought a collaboration with C. Desalles from the Ecole Polytechnique.

Claire developed a microvessel model as part of her PhD thesis in which she makes micro channels

in collagen hydrogels. These are then seeded with endothelial cells and flow is passed through the

channel to stimulate them with shear [Dessalles et al., 2021]. The flow rate through the channel is

measured by particle tracking velocimetry (PTV) in which the movement of micro beads suspended

in the flowing solution is tracked to infer the flow rate. Claire noticed that her flow rate through

the channel was smaller than expected as some flow was seeping out of the channel into the

surrounding collagen. She used this data to estimate the permeability of her hydrogel and after

seeing her present at a conference I contacted her to see if we could apply this technique to the

PEG-peptide system. We collaborated for 2 weeks of experiments, one week in her lab in Paris and

one in the lab in London. We realised early on that it was not possible to create a microchannel in

our hydrogel system as the hydrogels were too soft and the channel collapsed or else the hydrogel

was torn when the needle used to make the channel was removed. We decided then to devise an

alternative method to use PTV to measure flow through the hydrogel and eventually settled on

using the Ibidi channels as described in the methods. We found the permeability of the PEG-

peptide hydrogel to be on the order of 10−16 m2 with values decreasing with increasing applied

pressure.

We sought to confirm and improve upon our PVT measurements. To this end, we applied to

the Royal Society for funding for a collaboration with the Matsunaga Lab at the University of

Tokyo to conduct the MEMS permeability measurements. A postdoc in this lab J. Cacheux, had

developed an assay using a pressurised closed cavity to precisely determine hydrogel permeability

[Cacheux et al., 2022]. We were awarded the Royal Society International Exchanges 2022 grant

and I was lucky enough to be able to travel to Tokyo for 2 weeks of experiments. In Jean’s setup,

a hollow tube is created in a silicon chamber filled with hydrogel (collagen for his study) which is

chemically cross-linked to the silicon walls using glutaraldehyde treatment to clamp the collagen in
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place. The hollow tube is then pressurised with flow which permeates the hydrogel and increases

the pressure in a cavity above the hydrogel. The pressure increase is 2-fold, an initial deformation

of the hydrogel up into the cavity and then the increase from flow entering. A mathematical

model in COMSOL mulitphysics is used to decouple these 2 effects by first predicting the expected

deformation of the hydrogel into the cavity based on material properties such as Young’s modulus.

From the work attempted with Claire in Paris, we knew that creating a channel would not work

and so our initial experiments in Tokyo were spent adapting the setup for our specific material.

Furthermore, glutaraldehyde does not cross-link with the PEG-based system and thus we needed

to find alternative ways to keep the material in place. We attempted 3 different moulds as shown

in Panels D1-D3 of Figure 3.3. In the first (Panel D1), a disc of hydrogel is made in a silicon

mould and we hypothesised that the PEG may stick enough to the silicon walls. However this

was not the case and the hydrogel pulled away from the walls and the flow was able to bypass the

hydrogel. In our second attempt (D2), we sandwiched the hydrogel between 2 silicon surfaces one

with a much smaller hole. In this setup we observed extrusion of the hydrogel through the smaller

hole where the pressure distended the material up into the cavity. The surface area through which

the flow could get through was so reduced that in order to achieve flow rates we could measure,

forces were so concentrated that the hydrogel tore. In essence, either the pressures were so low the

resolution of the pressure gauge was not high enough to measure changes or so high we pierced the

hydrogel. Through this work we realised that we needed a large surface area of thin hydrogel to

maximise the flow rates for a given pressure. Furthermore, the PEG-peptide hydrogel was highly

deformable and so we wanted to try and constrain it to ensure pressure changes recorded truly

resulted from movement of flow rather than material deformation. Thus in our final attempt, we

also used a method to constrain the hydrogel which would not reduce surface area for flow using

a 40 µm nylon mesh (Figure 3.3 Panel D3).

The data we were eventually able to obtain now explain why we encountered issues using

standard permeability assays. Both the PVT and MEMS methods place the PEG-peptide hy-

drogel permeability on the order of 10−16 m2. By comparison, estimates for collagen-1 hydrogels

are on the order of 10−10 m2 to 10−15 m2 depending on concentration [Serpooshan et al., 2013,

Cacheux et al., 2022, Cross et al., 2010], 10−10 m2 for matrigel [Ng and Pun, 2008] and 10−9 m2

[Sanz-Herrera et al., 2008] for Sponceram®. Therefore our material is 1 to 7 orders of magnitude

less permeable than materials for which standard methods are usually used. Pressures which could

reasonably be applied without causing leaks or else breaking the material thus resulted in slow flow

rates on the order of tens of nanolitres per minute which could not be measured using standard

techniques such as flow collection. Therefore, in both the PVT and MEMS assays, methods with

a higher precision for measuring small scale flows were used.

In PVT, tracking of microspheres to infer flow velocities through the hydrogel proved to be

61



Figure 3.9: Figure showing the first setups attempted for determining hydrogel permeability. In
A a hydro-static head is developed above the hydrogel to try and push flow through. In B a
peristaltic pump is used instead. In each setup, the hydrogel is formed into a custom 3D printed
disc on top of 40 µm nylon mesh (C1) before being fixed into the brass fitting (C2).
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an effective method to determine the approximate permeability of our hydrogels. The setup was

relatively straight forward requiring no new equipment outside of a standard microfluidics setup.

It is therefore an easy and cheap method which can be setup up relatively easily in any lab.

Another big advantage of this setup is that the hydrogel is heavily constrained within the fluidics

chip and therefore the material is less prone to bulk deformation under pressure. However, whilst

reliable estimates of permeability were obtained there are limitations with this method. The

data we collected had a relatively large variability associated and we unable to detect significant

changes in permeability with polymer content. We hypothesise that the main source of error

comes from accurately tracking the motion of the beads with slower flow rates. There is a random

motion of the beads in all directions (Brownian motion) and whilst we only consider the net

displacement in the direction of the flow, this motion is likely different to that of the fluid in

which the beads are suspended alone. The impact of this effect is likely greater at lower pressures.

Indeed measurements at lower pressures than 200 mBar (data not shown) were unable to give

reliable results. This is further exacerbated by the fact that the fluidic device used is relatively

long at 17 mm with a small cross-sectional area. This means there is high resistance to flow from

the long thin material sample. Consequently, same pressures result in slower velocities than in

a shorter sample with larger cross-sectional area and this is a potential area of improvement for

this assay. Manufacturing a chip is possible with a simple geometry however manufacturing it at

a high enough tolerance to withstand high pressures without leaking is challenging.

Using the MEMS method, the volume flow rate is inferred by measuring the pressure difference

in a closed cavity and calculating the volume of liquid which would result in this pressure change.

Therefore errors associated with tracking slow velocities are avoided. Furthermore, the size of

the cavity can be reduced simply by pre-filling with liquid so that smaller volumes of flow result

in higher pressure changes and are thus more easily measured. The measurements are therefore

limited by the precision of the pressure gauge and indeed using this method we obtained data with

smaller variation then that from PTV readings. However we were unable to detect the smaller

flows through 5 and 10% hydrogels and thus with the current setup we are limited to measurements

on softer hydrogels. Whilst obtaining data for a fuller range of samples would be useful, significant

cell death is seen when encapsulated in hydrogels above a polymer content of 5% as discussed in

Chapter 5. Therefore this limitation in studying stiffer hydrogels is likely not an issue for future

work involving cells.

With both experiments we obtained similar values and were thus able to validate these meth-

ods for assessing permeability of hydrogels. Both methods also revealed similar relationships

between pressure and permeability. It would be expected expected that hydrogels of increased

polymer content, with a greater number of cross-links within the system creates a more tortuous

path for flow with reduced void fraction and thus a reduction in permeability [Byun et al., 2008,

Cross et al., 2010]. However we were not able to detect significant differences between hydrogels
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of different solid content with our data at this stage. By comparison to the PTV method, MEMS

produced data with less variability and we hypothesise that by collecting readings for more samples

it may be possible to detect significant differences between hydrogels of differing polymer content

in the future. In these assays we used applied pressures from 100 to 900 mBar. By comparison,

estimates for peak systolic blood pressure in human Aortas range between approximately 150 to

200 mBar [Takazawa et al., 2007, Chen et al., 1997].

Permeability decreased with increasing pressure gradient for a fixed solid content. This be-

haviour suggests that under pressure the microstructure of the hydrogel is altered and thus with

changes in pressure, the ease with which flow can move through the material is changed. Indeed

the pressure under flow developed in poroelastic materials such as hydrogels (materials with the

interaction of multiple immiscible phases [Hassanizadeh and Gray, 1979]), is a combination of the

fluid pressures and the elastic stress due to deformation of the solid phase [MacMinn et al., 2015].

When the material is under pressure, the deformation of the polymer phase changes the arrange-

ment of the pore structure, pore connectivity and thus by extension the permeability of the

material [MacMinn et al., 2016, Fiori et al., 2022]. When pressure is applied, the material inter-

nally deforms and this is dependent on how the material is constrained with the polymer network

compressed against rigid boundaries. Indeed Macminn et all develop a macroscopic model of this

poroelastic behaviour using spherical, polyacrylamide hydrogel beads sandwiched between two

glass disks [MacMinn et al., 2015]. Fluid is then injected into the centre of the discs which in turn

setups a pressure gradient from the centre to the edge where the beads are unconstrained. The

subsequent deformation or rearrangement of the hydrogel beads is then captured and shown to be

non uniform with larger deformations observed near where the fluid enters.

Not only is there spatial variation in polymer deformation under pressure, but there is also a

time dependency. When the driving pressure is initially applied a high pressure gradient across

the material exists with the closest area to the pressure compressing more than regions further

away [MacMinn et al., 2016]. Steady state is reached when the elastic tension cause by polymer

deformation is matched by fluid strain and thus changes in structure stop. Indeed we noticed this

effect qualitatively. When we first pressurised the hydrogels, a certain amount of time was needed

for readings to settle before steady measurements can be made. With the PVT method this was

done by eye but with the MEMS, a clear pressure increase caused by initial material deformation

could easily be distinguished from increases due to flow, due to the rate of increase. Furthermore,

we developed a method to constrain the material to minimise this effect. Without this imple-

mented, we observed continuous deformation under pressure until breaking point. The material

deformations are larger under higher pressures and we therefore hypothesise that differences in

permeability with pressure are caused by this pressure strain relationship impacting the hydrogel

microstructure.

Permeability is therefore dependent on the shape the material, how it is constrained and the
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pressure applied. In both setups, the degree to which the hydrogel is constrained and the length

over which pressure gradients are developed are very different. Nonetheless both techniques used

allowed us to obtain similar results and thus assess the order of magnitude of permeability for the

material.

Interestingly, the permeability of our material is closer than other commonly used hydrogels,

to that of theoretical estimates for the aortic media which is estimated to be on the order of

10−18 m2 [Prosi et al., 2005, Huang and Tarbell, 1997, Sun et al., 2006, Olgac et al., 2008]. Our

permeability measures do not yet include the presence of cells which these models account for.

We hypothesise that introducing cells into the system would further reduce the permeability and

might therefore match these values more closely but we have not conducted any experiments

to confirm this. In any event, since the movement of flow through the material is governed by

both the amount of free space and the arrangement of it, matching permeability values does not

necessarily lead to the same flow movement. However, the lower permeability of our material does

suggest that the matrix is densely packed and the path of flow tortuous and thus we may be able

to generate high levels of shear stimulation to the cells with relatively low pressures and flow rates

as is discussed further in Chapter 6.
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3.5 Conclusion

The work in this chapter has allowed us to characterise the degradation and permeability properties

of the PEG-peptide hydrogel. We showed the degradation rate of the hydrogel can be tuned by

altering the number of cleavable cross-links which we demonstrated using both exogenous MMP1

and 9. We determined the permeability of the hydrogel using 2 independent methods obtaining

similar results and showed permeability values to be dependent on applied pressure gradient. In

summary:

• Hydrogels made with MMP cleavable cross-links degrade in the presence of exogenous MMPs

• The rate of degradation is changed by altering the number of cleavable cross-links

• The hydrogel permeability is measured to be on the order of 10−16 m2

• Hydrogel permeability is dependent on applied pressure gradient

• Both PVT and MEMS assays have been demonstrated to be effective methods for measuring

low permeability materials

At this stage, we have shown the PEG-peptide system to be suitable for the purposes of our

model, allowing us to alter polymer content and degradability independently. Furthermore, we are

able to measure the impact of changing polymer content on hydrogel permeability and determine

flow rates through the material for different pressures. In the next chapter, we address another

important consideration, whether changing hydrogel polymer content and thus stiffness also alters

mass transport through the material.
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Chapter 4

PEG-peptide Hydrogel

Characterisation: Exploring Mass

Transport

Chapter Abstract

Background: Synthetic hydrogels are suitable materials in which to encapsulate cells for studying

their behaviour in 3D. One advantage of such materials is the ability to modulate matrix stiffness

by increasing the polymer solid content. However, introducing a greater number of polymers and

hence cross-links into the system, reduces the size of the gaps in the polymer mesh (mesh network

size), through which molecules can diffuse.

Aim: The aim of this chapter is to determine the impact of changing hydrogel polymer solid

content on mass transport and explore whether modulating stiffness slows movement of molecules

within the matrix.

Methods: Hydrogel diffusivity was assessed using predictive models underpinned by experi-

mental data to characterise the hydrogel’s permissiveness to diffusion of molecules of biologically

relevant size. Diffusion of encapsulated fluorescent FITC-dextran molecules of size 10, 40 and

70 kDa within hydrogels of 2.5, 5 and 10% polymer solid content was measured by monitoring

the absolute fluorescence of solution around the hydrogel over time. Diffusion models were setup

considering theoretical estimates of network mesh size based on swelling data to determine the

relative diffusivity of the hydrogel network. Modelling data was then fitted to experimental data

to predict network diffusivity.

Results: Diffusion rates of molecules were shown to negligibly change with increasing polymer

solid content for hydrogels of up to 5% polymer solid content for all but the largest molecule size.

Thus we are able to make hydrogels of stiffness up to approximately 6.5 kPa without significantly
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hindering diffusion of molecules within the material.

Conclusion: The data in this chapter confirms that solid content and hence stiffness of the

PEG-peptide hydrogel system can be modulated over a wide range without introducing significant

changes in mass transport to and from encapsulated cells.
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4.1 Introduction

In the previous chapter we introduced the PEG-peptide hydrogel system which is used to create our

in-vitro models. When hydrogels are used create 3D cultures of cells, it is crucial to understand

mass transport of molecules to and from the cells within the network, not only to understand

transport of nutrients and waste but also movement of any molecules of interest produced by cells

for analysis [Weber et al., 2009]. This ability of a material to allow passive movement of molecules

from areas of high to low concentration (diffusion) is known as diffusivity. The purpose of this

chapter is then to characterise hydrogel diffusivity in our PEG-peptide system.

As described in Chapter 3, our hydrogel is formed using a 2 step cross-linking process which

results in more efficient network formation with the ability to form hydrogels at polymer solid

contents as low as 2% [Jowett et al., 2021]. Whilst this helps to create hydrogels with fewer

defects and hence more controllable mechanical properties, the increased network connectivity

likely reduces the number of gaps in the system. This in turn may reduce the ease of move-

ment through the network via the liquid phase and indeed, results from Chapter 3 did place

our hydrogel’s permeability to flow several orders of magnitude lower than that of other com-

mon hydrogels. Permeability and diffusivity are intrinsically linked as both depend on the mi-

crostructure of the porous material, notably the pore size or overall void fraction in the solid

phase but also the arrangement and path through this void fraction [Offeddu et al., 2018]. Per-

meability and diffusivity increase with increasing pore size, and decrease with path tortuosity

[Hadjiev and Amsden, 2015, O’Brien et al., 2007, Offeddu et al., 2018].

Given the relatively low permeability of our hydrogel we wanted to characterise the system’s

diffusivity and importantly, ensure that by modulating polymer stiffness we would not introduce

an extra variable by also changing diffusion. Indeed increasing polymer solid content and thus

the number of cross-links per unit volume, reduces the gaps in the solid phase if efficient network

formation occurs [Zustiak and Leach, 2010]. In order to understand the potential impact of this

effect in our system, we characterised mass transport of molecules of different sizes through PEG-

peptide hydrogels of different polymer contents using both modelling and experimental techniques.

This work was published in 2021 in a publication entitled “Selectively Cross-Linked Tetra-PEG

Hydrogels Provide Control over Mechanical Strength with Minimal Impact on Diffusivity” and is

presented in full in this thesis.

4.1.1 Chapter Aims

The data in this chapter address Aim 1: assessing the suitability of the PEG-peptide hydrogel

system to study cell-mediated remodelling. The specific aims of this chapter were to:

• Assess mass transport within the hydrogels
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4.1.2 Author Contribution

This paper was a collaborative effort but for the purpose of this thesis I am highlighting my

individual contribution. All modelling of solute diffusivity and theoretical mesh size calculations

were performed by me. Experimental measurements of FITC dextran diffusion were also performed

by me but I gratefully acknowledge the efforts of G.M.Jowett, M.Norman and C. Kerins in helping

me develop the assay. Swelling experiments were performed by M.Norman with help from D.

Marciano and rheological characterisation by D. Hoogland with help from J.Omar. The PEG-

peptide hydrogel system was developed before this paper and the majority of this work was

conducted by T. L. Yu. The project was conceived by me and my supervisors E. Gentleman and

P. Lamata, and my collaborator R. J. Shipley. The manuscript was predominately written by me

and E. Gentleman.
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ABSTRACT: Synthetic hydrogels formed from poly(ethylene
glycol) (PEG) are widely used to study how cells interact with
their extracellular matrix. These in vivo-like 3D environments
provide a basis for tissue engineering and cell therapies but also for
research into fundamental biological questions and disease
modeling. The physical properties of PEG hydrogels can be
modulated to provide mechanical cues to encapsulated cells;
however, the impact of changing hydrogel stiffness on the diffusivity
of solutes to and from encapsulated cells has received only limited
attention. This is particularly true in selectively cross-linked “tetra-
PEG” hydrogels, whose design limits network inhomogeneities.
Here, we used a combination of theoretical calculations, predictive
modeling, and experimental measurements of hydrogel swelling,
rheological behavior, and diffusion kinetics to characterize tetra-PEG hydrogels’ permissiveness to the diffusion of molecules of
biologically relevant size as we changed polymer concentration, and thus hydrogel mechanical strength. Our models predict that
hydrogel mesh size has little effect on the diffusivity of model molecules and instead predicts that diffusion rates are more highly
dependent on solute size. Indeed, our model predicts that changes in hydrogel mesh size only begin to have a non-negligible impact
on the concentration of a solute that diffuses out of hydrogels for the smallest mesh sizes and largest diffusing solutes. Experimental
measurements characterizing the diffusion of fluorescein isothiocyanate (FITC)-labeled dextran molecules of known size aligned
well with modeling predictions and suggest that doubling the polymer concentration from 2.5% (w/v) to 5% produces stiffer gels
with faster gelling kinetics without affecting the diffusivity of solutes of biologically relevant size but that 10% hydrogels can slow
their diffusion. Our findings provide confidence that the stiffness of tetra-PEG hydrogels can be modulated over a physiological range
without significantly impacting the transport rates of solutes to and from encapsulated cells.

KEYWORDS: hydrogel, diffusivity, mass transport, PEG, mesh size, rheology, diffusion modeling, obstruction theory

■ INTRODUCTION

Cells’ interactions with their local environment are known to
play central roles in regulating processes including prolifer-
ation, migration, differentiation, and phenotypic mainte-
nance.1−3 By extension, these interactions are also involved
in dysregulation of cell behavior in pathologies. Thus,
understanding the impact of mechanical and biological cues
cells receive from their surroundings is key in both disease
modeling and the development of regenerative therapies.4,5

While the ability of whole organisms and tissue explants to
provide physiologically relevant environments to cells are
unrivalled, there is also a need for simpler reductionist models
that allow for studies into how specific cues impact cellular
behaviors. Such models have the potential to identify
underlying mechanisms that govern complex tissue patholo-
gies, can reveal fundamental insights into cell-matrix

interactions, and may inform methods to engineer tissues for
regenerative applications.
While in vitro cell cultures have revolutionized our

understanding of mammalian biology, cells respond differently
when within 3D structures akin to tissues compared to on 2D
surfaces.6,7 Indeed, among other factors, the transport of
molecules to and from cells is markedly changed in 3D.
Hydrated polymer networks called hydrogels can mimic many
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aspects of the 3D environment cells inhabit in vivo. Their
compatibility hinges on their two-phase nature, with a solid
polymer scaffold mimicking the extracellular matrix (ECM)
and the liquid phase available for transport of nutrients.8

Moreover, the properties of the hydrogel network can be tuned
to mimic characteristics of the native tissue, including their
stiffness, which is known to regulate a range of cellular
behaviors, including fate specification.1−3

Synthetic hydrogels formed from poly(ethylene glycol)
(PEG) are suitable for cell encapsulation due to PEG’s
stability, hydrophilicity, and resistance to protein adsorption.9

Furthermore, the versatility with which PEG macromers can be
cross-linked allows control over theoretical mesh size by simply
changing polymer concentration, macromer arm size, and the
number of arms. And, while native biochemical cues are
missing in PEG hydrogels, the polymer can be modified to
include ECM-mimicking anchorage sites. Furthermore, cross-
linking the network with matrix metalloproteinase (MMP)-
sensitive peptides allows encapsulated cells to actively remodel
and migrate through them.10,11 However, the introduction of
bioactive motifs often leads to network inhomogeneities.12

These irregularities are caused by missing cross-links, internal
loops within individual polymer macromers, and dangling
polymer ends.13,14 Such inhomogeneities, although potentially
useful as means to permit diffusion, can lead to reduced
stiffness.15,16 Moreover, as inhomogeneities push gel structures
further from the ideal network, theoretical characterizations fall
short, making predictions of hydrogel properties more complex
and attributing them to biological outcomes more fraught.17

Therefore, hydrogel designs that reduce inhomogeneities may
provide a more effective and controlled platform for studying
cellular behaviors in 3D.
Many covalently cross-linked hydrogel networks rely on

Michael-type additions between a cysteine residue at the end
of a peptide and an alkene-containing end group on the PEG
macromer arm (either 4-arm or 8-arm, B4/B8). Peptide
sequences susceptible to enzymatic degradation are then
created with cysteine groups at both termini (A2), creating
A2+B4/B8 designs. In such designs, homobifunctional cross-
linking peptides react with the polymer chain ends

indiscriminately. In this scenario, primary loops in which one
peptide reacts at both ends on the same macromer are likely to
form, particularly at low polymer concentrations. Adhesive
motifs, on the other hand, typically have a single cysteine
group, and thus are incorporated in a pendant fashion. In the
latter arrangement, as more pendant groups are introduced, the
number of arms available for cross-linking is reduced,
increasing gel inhomogeneities.
To circumvent these issues, it is possible to selectively

functionalize end groups of both the polymer backbone and
peptides, ensuring that each can only react in a desired
manner. Indeed, the Shibayama group has reported on highly
homogeneous, high-strength “tetra-PEG” hydrogels that form
upon mixing two polymer macromers with different reactive
terminal groups (A4+B4).

15 We hypothesized that it would also
be possible to create efficiently cross-linked A4+B4 hydrogels
suitable for supporting live cells. However, the implications of
the A4+B4 design on mass transport to and from encapsulated
cells has not been investigated thoroughly.
To create A4+B4/tetra-PEG hydrogels, we created hetero-

bifunctional peptides and reacted an amine at the peptides’ N-
terminus with nitrophenyl carbonate (NPC) end-function-
alized four-arm PEG (PEG-4NPC, A4), creating PEG−peptide
conjugates. We then formed hydrogels by reacting a free thiol
from a cysteine residue located at the peptides’ C-terminus
with vinyl sulfone (VS) end-functionalized four-arm PEG
(PEG-4VS, B4). We have previously shown that when adhesive
(RGD) and MMP-degradable peptide sequences are used to
cross-link the PEG network, this design supports the viability
of encapsulated human induced pluripotent stem cell-derived
intestinal organoids.11 Importantly, even within these soft
matrices (elastic modulus, ∼ 1 kPa), gelation was quick
enough that organoids did not fall to the bottom of the
hydrogel prior to gelation, suggesting that network formation
was more effective at polymer concentrations as low as 2.5%
compared to similar A2+B4 designs.

18

The tetra-PEG design allows physical and biological
properties of the hydrogel to be tuned independently, while
maintaining network connectivity. Indeed, as MMP-susceptible
and adhesive peptides both participate in cross-linking, cellular

Figure 1. Diagram of the reaction schemes used to form hydrogels. Reaction 1 conjugates peptides with PEG-4NPC. Reaction 2 selectively cross-
links PEG-peptide conjugates (A4) with PEG-4VS (B4) using a Michael-type addition.
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response to mechanical stiffness can be studied without
altering adhesiveness or degradability. However, at higher
polymer concentrations, the space between cross-links in the
polymer phase, known as the mesh size, is reduced. It therefore
follows that higher polymer concentrations may not only
change cells’ mechanical environment but also impact the mass
transport of solutes. Indeed, others have shown that for some
hydrogel systems, increasing polymer concentration impacts
diffusivity.19,20 For both in vitro models and regenerative
applications, the ability of nutrients to reach encapsulated cells
over a reasonable time scale is crucial. Diffusivity will also
impact researchers’ ability to detect secreted molecules in the
culture supernatant, which may be of interest for monitoring
cell behaviors. Moreover, time scales for diffusion of
biomolecules can impact cell−cell communication,21,22 which
may play a role in regulating autocrine versus paracrine
signaling effects.
Here, we combined predictive models with experimental

characterization to study how altering polymer concentration
in tetra-PEG hydrogels impacts the network’s permissiveness
to the diffusion of molecules. Our findings show that hydrogel
stiffness can be modulated over a large range while only
impacting diffusivity negligibly, as we only observed significant
changes in diffusion at high polymer concentrations that are
less suitable for encapsulating cells.

■ MATERIALS AND METHODS
PEG−Peptide Conjugate Synthesis and Hydrogel Forma-

tion. PEG−peptide conjugates were synthesized as described
previously.11 Briefly, peptide Ac-KDW-ERC-NH2 (custom synthesis
Peptide Protein Research, Ltd. (UK), >98% purity) with an N-
terminal primary amine (lysine side chain) and C-terminal thiol
(cysteine) were reacted with a four-arm 10 kDa PEG-NPC (JenKem
Technology, USA) to form PEG−peptide conjugates (Figure 1).
Twenty or 15 μL (depending on end volume) of purified conjugate
solution was then cross-linked with 20 or 15 μL of 10 kDa PEG
tetramer solution with a vinyl-sulphone end group (JenKem
Technology, USA) at the required concentrations at 37 °C through
a base-catalyzed (pH 8) Michael-type addition. This strategy was used
to make 2.5%, 5%, and 10% (w/v) hydrogels.
Swelling. First, 30 μL hydrogels were formed in Sigmacote (Sigma

UK)-treated 6-mm-diameter glass cylindrical molds and submerged in
PBS. Hydrogel wet weight was measured once swelling equilibrium
had been achieved (after 48 h). Hydrogels were lyophilized to
determine dry weight and the mass swelling ratio calculated using

=Q
wet weight
dry weightm (1)

The mass swelling ratio was then used to calculate the volumetric
swelling ratio Qv using the following relation:
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where ρp and ρs are the polymer and solvent densities, respectively.
This parameter describes the amount of water within the hydrogel in
the swollen state and can be used to infer network connectivity. Data
were analyzed for significance using one-way Anova with Tukey’s
multiple comparison test.
Rheological Measurements of Hydrogel Gelation and

Mechanical Properties. Hydrogel gelation was assessed on a
strain-controlled ARES from TA Instruments using a 25 mm cone
with a 0.02-rad angle and plate by carrying out small-amplitude
oscillatory time-sweep measurements at a strain of 5% and a constant
angular frequency of 1 rad s−1. All measurements were carried out at
37 °C, depositing paraffin oil on the edges of the sample to prevent

evaporation. To perform measurements, 86 μL of hydrogel precursor
solution was placed in the instrument, and storage modulus G′ and
loss modulus G″ were recorded as a function of time (Orchestrator
software, version 7.2.0.2). Subsequently, an amplitude sweep was
carried out, recording G′ and G″ over the range 1−100% shear strain
for 2.5 and 5% gels and 1-25% for the 10% gel, at a fixed frequency of
1 rad s−1; this range was found to be within the linear viscoelastic
region. Finally, a frequency sweep was recorded, measuring G′ and G″
as a function of shear frequency in the range 100−0.1 rad s−1 at a fixed
strain of 5%. To assess whether storage and loss moduli were
significantly different between samples with varying polymer
concentration, a one-way ANOVA with Tukey’s multiple comparison
correction was performed.

Theoretical Estimations of Mesh Size. Hydrogels can be
modeled as polymer strands that cross-link to form a network, where
mesh size, ξ, is the distance between cross-links. In this scenario, ξ is
the size of the spaces between polymer chains through which liquid
and solutes can move. Therefore, mesh size influences the diffusivity
of the network and the time scales taken to reach equilibrium for any
solute diffusing through it. It can be challenging to directly measure
mesh size without dehydrating the polymer network.23,24 Therefore,
theoretical estimates are obtained by estimating the molecular weight
between cross-links and thus the length of these chains. Mesh size can
be estimated using a variety of experimental techniques including
dynamic light scattering, small angle neutron scattering, and small-
angle X-ray scattering.25 However, because of experimental
limitations, it is most often estimated using simpler methods based
on experimental parameters gathered from (1) rheological data, (2)
swelling data, and (3) direct measurements of diffusivity.24

We make our estimates for network size here using swelling data.
We consider ξ as the average distance between cross-links, and hence
a measure of the distance between two adjacent polymer strands in a
hydrogel network in its equilibrium swollen state. Equilibrium
swelling theory balances the thermal energy due to interactions
between polymer and liquid molecules and the elastic tension in the
polymer arms in the swollen state.24,26 This relation has been shown
to faithfully predict PEG gel swelling27 and has been used previously
to calculate mesh size in hydrogels used for in vitro cell cultures.28−30

The Flory−Rehner theory states that the change in the potential
energy in the system during transition from its preswollen to swollen
state is equal to the increase in elastic forces in the system and that
these two terms are equal at equilibrium. Therefore, when the
expressions for the thermal mixing energy and the elastic energy in the
polymer strands are used, the average molecular weight between
cross-links M̅c in g/mol is given by

χ
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M M
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where M̅n is the molecular weight of the polymer chains in the
absence of the cross-linking agent in g/mol, v̅ is the specific volume of
the polymer and is defined as the ratio of polymer density to solute
density (dimensionless), V1 is the molar volume of the solvent in
cm3/mol,31 v2 is the polymer volume fraction in the swollen state
(reciprocal of Qv obtained from swelling measurements) (dimension-
less), and χ1 is the polymer−solvent interaction parameter (a measure
of the degree of interaction between the polymer chains and the
surrounding solution; dimensionless). Methods for determining these
parameters, and in particular that for χ1, have improved understanding
of the swelling equilibrium in hydrogels.24 The values for each
parameter for the A4+B4 hydrogels examined in this study are given in
Table 1.

Once the average molecular weight between cross-links is found,
this must be converted to an estimate of the end-to-end distance to
predict ξ. The end-to-end distance between two adjacent cross-links

before the network is stretched is given by r0
1/2 and obtained in

nanometers using

=r l NC0
1/2

n (4)
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in which l is the average bond length between repeating units in
nanometers in the polymer chain, N is the number of links between
monomers in the chain (dimensionless), and Cn is the Flory
characteristic ratio (dimensionless value of 4 for long PEG
chains).24,32 This parameter Cn is defined as the ratio of polymer
chain length to the theoretical length when each section is considered
to be freely jointed and can be randomly oriented with no influence
from external forces, taking into account steric interference (non-
bonded interactions between molecules). Further, N is given by

= ̅
N

M
M

2 c

r (5)

where Mr is the molecular mass of the repeating unit in g/mol.33

When the polymer chain becomes stretched at the swelling
equilibrium, the end-to-end distance is increased in the direction of
the net stretching force.34 A measure of this distance increase is given
by the elongation ratio, which is the ratio of the new polymer chain
length once the force has been applied to that of the unstretched end-
to-end distance. This ratio is approximated for polymers which swell
in all directions equally (isotropic).26 The mesh size can then be
expressed as

ξ = Q rv
1/3

0
2

(6)

Modeling Solute Diffusion out of the Hydrogel. We set up a
diffusion model to simulate transport of solutes out of our tetra-PEG
hydrogels and into the surrounding solution to assess the impact of
mesh size on the diffusivity of molecules of relevant size. The model
was established to mimic a standard experimental setup in which
molecules of known size diffuse from hydrogels. This allowed for
direct comparison between our theoretical predictions and exper-
imental measurements.

Diffusion of solutes through a hydrogel is hindered by the presence
of the polymer chains creating a mesh through which the solutes must
move. This diffusibility is therefore determined by the relative size of
the solute compared to the mesh size, the mobility of the polymer
chains, and the potential steric interactions between solutes and
polymer chains.19 Models have been reported that predict solute
transport through hydrated polymer networks with differing emphasis
on the main obstruction mechanism.19,24 We represented the solute
molecules by hard spheres. The polymer chains were assumed to be
immobile, and we neglected steric interactions between these and the
solute. In such models, the presence of the polymer phase results in an
increased path length for diffusing molecules slowing their transport.
Similar models have been shown to effectively predict mass transport
phenomena in hydrogels.19,35

Our model assumed the hydrogel to be a homogeneous porous
network of fixed mesh size ξ, using theoretical estimates calculated for
A4+B4 hydrogels with polymer concentrations of 2.5%, 5%, and 10%,

Table 1. Parameters Used in Theoretical Mesh Size
Estimations

parameter
name explanation value

M̅n molecular weight of the polymer
chains in the absence of the
cross-linking agent

2.94 × 103 [g/mol]

v specific volume of the polymer 0.9
V1 molar volume of water 18 [cm3/mol]
V2 polymer volume fraction in the

swollen state (reciprocal of Qv
obtained from swelling data)

0.024 for 2.5% hydrogels,
0.034 for 5% hydrogels,
and 0.051 for 10%
hydrogels

X1 the polymer solvent interaction
parameter

0.42649

l average bond length between
repeating units

0.146 [nm]32

Cn Flory characteristic ratio 432

Mr molecular weight of repeating
unit

44 [g/mol]32

Figure 2. (A) Experimental setup showing the two regions through which mass transport of a solute of a given size is mathematically modeled. (B)
Schematic representation of the corresponding mathematical model setup in A. Free diffusion is prescribed in the solution region with reduced
diffusivity in the hydrogel modeled by altering the diffusion coefficient.
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and using direct measurements of the mass swelling ratio. The
hydrogel domain was modeled to be one-fifth of the height of the
media domain above it, which represented a 60 μL hydrogel under
240 μL of solution in a well of a 96-well plate (Figure 2A). The
diffusion of FITC-labeled dextran molecules of molecular weight 10,
40, and 70 kDa corresponding to hydrodynamic radii of
approximately 2.3, 4.5, and 6 nm, respectively, was modeled for
hydrogels created at all three polymer concentrations. The Fickian
diffusion of a species C, representing the FITC-labeled dextran
molecule, is described generally using the diffusion equation:

∂
∂ = ∂

∂
C
t

D
C

zeff

2

2 (7)

where C is the species concentration in moles per cubic meter, and
Deff in square meters per second is the effective diffusion coefficient
(dependent on the properties of the medium through which the
species diffuses). We assumed the diffusion coefficient to be constant
in space and time, assuming no spatial inhomogeneities and using
parameters based on fully swollen hydrogels. We imposed free
diffusion in the solution and hindered diffusion (due to the polymer
network) in the hydrogel region. We imposed zero flux conditions

=∂
∂( )0C

z
at the bottom of the culture well (z = z0) and at the media

air interface (z = zair; Figure 2B). We prescribe continuity of the
concentration and flux at the hydrogel/media interface. An initial
concentration C0 was prescribed in the hydrogel region and an initial
concentration of 0 in the solution phase. The diffusion coefficient in
the solution is approximated as the free diffusion coefficient D0 in
water of the solute and is given by the Stokes−Einstein equation:

πη
=D

k T
r60

b
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Here, kb is the Boltzmann constant, T the temperature of the solution
in Kelvin, η is the dynamic viscosity of the medium in Pascal seconds,
and rs is the hydrodynamic radius of the diffusing solute in meters.36,37

This approach assumes diffusing molecules to be spheres moving in a
continuum of solvent.38

The impact of the polymer phase on diffusion is modeled through
an effective diffusion coefficient that captures the dependence on
polymer chain radius and mesh size. The effective diffusion coefficient
through the hydrogel is given by
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in which rf is the polymer chain radius and ξ the mesh size, both in
meters.35,37 All simulations were conducted using the COMSOL
Multiphysics finite element solver with the additional microfluidics
module. A mesh independence study was conducted to ensure
solutions’ numerical convergence as mesh element size was decreased.
Elements of size 0.001 mm were used for the final simulations
resulting in 50 001 elements in the mesh. The parameters in the
model and their values are summarized in Table 2.
Experimental Measurements of FITC−Dextran Diffusion

from Hydrogels. The 10, 40, and 70 kDa fluorescein isothiocyanate

(FITC)-labeled dextran molecules (Sigma-Aldrich) were encapsu-
lated at a concentration of 47.62 μM in 60 μL of 2.5%, 5%, and 10%
hydrogels cast in flat-bottomed 96-well plates and allowed to gel for
60 min at 37 °C. Once gelled, wells were topped up with 240 μL of 30
mM HEPES buffer (pH 8). A total of 60 μL of solution was
transferred to black bottom 96-well plates, and the absolute
fluorescence was measured using a Promega GloMax Discover
microplate reader (excitation 475 nm, emission 500−550 nm, peak
emission measured). Measurements were made every hour for the
first 4 h and then at regular intervals thereafter. Data were tested for
significance using a one-way ANOVA with Tukey’s multiple
comparison correction at 2 h and 24 h. Experimental data were
then normalized to steady state fluorescence by first fitting an
exponential plateau function of the form f(x) = Ym × e−kx where k
represents a growth rate constant and Ym is the maximum
fluorescence value (R2 values all >0.92). Fluorescence measurements
were then normalized to the end point value to enable comparisons
between experimental data and modeling results. These data were
then used to parametrize the model for Deff.

■ RESULTS AND DISCUSSION

Tetra-PEG Hydrogel Physical Properties Are Depend-
ent on Polymer Concentration. To build a model of solute
diffusivity, we required baseline experimental parameters for
the tetra-PEG hydrogel system. Therefore, we first measured
the mass swelling ratio of hydrogels with polymer concen-
trations of 2.5%, 5%, and 10% (Figure 3). On the basis of these
values, we applied the Flory−Rehner model to calculate

Table 2. Table Summarizing the Parameters Used in the Diffusion Model and Their Values

parameter explanation value parameter sweep value

kb Boltzmann constant 1.381 × 10−23 [m2 kg s2 K−1]
T absolute temperature of the

solution
310.15 [K]

η dynamic viscosity (taken to be
that of water at 37 °C)

6.913 × 10−4 [Pa s]

rs solute hydrodynamic radius 2.3 [nm] for 10 kDa FITC-dextran, 4.5 [nm] for 40 kDa FITC-
dextran, 6.0 [nm] for 70 kDa FITC-dextran

2.0 [nm], 4.0 [nm], 7.0 [nm], 8.0 [nm]

rf polymer chain radius 0.232 [nm]33

ξ mesh network size 8.41 [nm] for 2.5% hydrogels, 7.41 [nm] for 5% hydrogels, 6.43
[nm] for 10% hydrogels.

4.5 [nm], 5.0 [nm], 6.0 [nm], 7.0 [nm], 8.0
[nm], 10 [nm], 20 [nm]

Figure 3. Mass swelling ratio (Qm) for 2.5%, 5%, and 10% hydrogels
calculated using the hydrogels’ wet weight (at swelling equilibrium)
and dry weight (n = 3 independent hydrogels, mean ± SD, one-way
Anova with Tukey’s multiple comparison test).
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theoretical mesh sizes, which yielded values of 8.41, 7.41, and
6.43 nm for the 2.5, 5, and 10% hydrogels, respectively. These
findings were in line with expected trends that hydrogels
formed with higher polymer concentrations have smaller mesh
sizes.
Next, we characterized the mechanical behavior of the tetra-

PEG hydrogels. Mechanical studies using oscillatory rheology
can provide insight into hydrogel gelation kinetics and
stiffness.39 To determine the critical polymer concentration
for hydrogel formation, we tested hydrogels formed with
varying polymer concentrations and determined gelation from
the point at which the storage modulus (G′) was greater than
the loss modulus (G″). These data show that tetra-PEG
hydrogels form at polymer concentrations of 1.5% and higher
(polymer concentrations of 1% behave as viscous liquids;
Figure 4A). Time sweep measurements further revealed that
gelation occurs more quickly for higher polymer concentration
gels. Ten-percent hydrogels formed in the short time frame
between loading the sample and measuring the first data point.
Alternatively, 5% hydrogels reached plateau values of G′ and
G″ within 10 min, and 2.5% hydrogels reached plateau values
in ∼20 min (Figure 4B). These findings are consistent with
theoretical predictions that an increased concentration of
reactive groups should drive faster reaction kinetics. We also
found that G′ was significantly different for all three polymer
concentrations (p < 0.0001 for 2.5% vs 5%, 2.5% vs 10%, 5% vs
10%). However, the loss moduli did not differ significantly

from one another (p > 0.9999 for 2.5% vs 5%, p = 0.2647 for
2.5% vs 10%, and p = 0.2659 for 5% vs 10%). The 10%
hydrogel showed strain resistance up to 25%, whereas both the
5% and 2.5% polymer concentrations showed strain resistance
within the accessed range (Figure 4C). No frequency
dependence in storage moduli was observed for any of the
three formulations (Figure 4D). Taken together, these data
show that tetra-PEG hydrogels form at polymer concentrations
≥ 1.5% and that their gelation kinetics and resulting
equilibrium moduli follow expected patterns based on polymer
concentrations.

Mathematical Models Predict That Mesh Size Plays a
Limited Role in Diffusivity for Small Solutes. With the
hydrogels’ physical properties well characterized, we next
aimed to build a diffusion model treating the polymer chains as
an obstruction to diffusing molecules. The hydrodynamic radii
of biologically relevant proteins are generally within the range
of a few nanometers. Indeed, cytokines such as IFNγ and
TNFα are reported to have hydrodynamic radii of 1.85 nm40

and 3 nm,41 respectively. Bovine serum albumin is reported to
be 3.56 nm42 and MMP-9 4.5 nm.43 Some secreted proteins,
however, have hydrodynamic radii that are considerably larger.
For example, the ubiquitous iron-storing protein ferritin has a
hydrodynamic radius of 7.17 nm,44 and the ECM protein
fibronectin is 8.7 nm.45 Large proteoglycans can be as much as
an order of magnitude larger (∼80 nm46), but these are
generally accepted to not diffuse within hydrogels. Therefore,

Figure 4. Rheological measurements performed on PEG hydrogels. (A) Mean plateau moduli of hydrogels of varying polymer concentrations.
Hydrogels form (G′ > G″) at polymer concentrations ≥ 1.5%. Mean modulus was calculated from data collected for 10 min after plateau values
were reached. (B) Time sweep measurements of the gelation reaction. Higher polymer concentration hydrogels have a higher plateau value and
form more quickly. (C) Strain sweep measurements, G′ was significantly different between all three samples (p < 0.0001 for 2.5% vs 5%, 2.5% vs
10% and 5% vs 10%); G″ not significant (p > 0.9999 for 2.5% vs 5%, p = 0.2647 for 2.5% vs 10%, and p = 0.2659 for 5% vs 10%), both by one-way
ANOVA with Tukey’s correction for multiple comparisons. (D) Frequency sweep measurements. The loss modulus could not be determined for
the full range of frequencies accessed. In panels A−D, data are shown as means (dots) with the shaded area representing SD; n = 3 independent
hydrogels for each condition. Some errors are small and not visible.
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we considered solutes with hydrodynamic radii of 2.3, 4.5, and
6 nm, which correspond to the predicted values for 10 kDa, 40
kDa, or 70 kDa FITC-labeled dextran.
Using our model, we predicted the average concentration of

10 kDa, 40 kDa, or 70 kDa solutes over time in the solution
above the hydrogel normalized relative to the steady state
concentration prediction (Figure 5). We found that in the 10
kDa condition, diffusivity was negligibly impacted by changes
in mesh size with a maximum percentage difference between
the 2.5% and 10% conditions of 4.6% (Table 3). Changes in
diffusivity in the 40 kDa condition were more pronounced
between different mesh sizes with the largest difference of
20.8%. For the 70 kDa condition, mesh size had the greatest
impact, as in 10% hydrogels we found that diffusivity changed
up to 46% between profiles at each time point. In all
conditions, models predicted that changing polymer concen-
tration from 2.5% to 5% only resulted in a maximum change in
diffusivity of 16%.
The time taken to reach a steady state concentration for all

hydrogel compositions for the 10 kDa condition was ∼20 h
and for 40 kDa solutes was ∼50 h. However, for 70 kDa
solutes, the smaller mesh size of 10% hydrogels impacted the
time to a steady state, extending it beyond the ∼100 h found
for the 5% and 2.5% conditions. For the 10 kDa solute, the
transition to a steady state was faster compared to that of the
40 kDa solute, as half the steady state concentration was
reached in <2 h. For the 40 kDa solute, this took <5 h. We
then carried out parameter sweeps of solute size from 2 to 8
nm for a fixed mesh size and found that the time to achieve
steady state concentration increased dramatically with

increasing solute hydrodynamic radius (Figure 6). In short,
our model predicts that in tetra-PEG/A4+B4 hydrogels, mesh
size does not have a large influence on the diffusion of small
solutes but can have a more dramatic influence on larger
solutes.

Experimental Measurements Confirm That Polymer
Concentration Only Minimally Impacts Solute Diffu-
sion. As our model had predicted that polymer concentration
only substantially impacted diffusivity in the 10% condition for

Figure 5. Plots generated using mathematical models showing the predicted average concentration of (A) 10 kDa, (B) 40 kDa, and (C) 70 kDa
solutes in the solution above the gel normalized to the steady state concentration (to calculate a percentage of endpoint concentration) for 2.5%,
5%, and 10% hydrogels.

Table 3. Table Summarizing the Maximum Percentage
Difference between Diffusion Profiles As Predicted by
Modeling Results for All Solute Sizes and Hydrogel
Compositions
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the larger solute, we next aimed to measure diffusivity
experimentally. We formed 2.5%, 5%, and 10% tetra-PEG
hydrogels that contained 10 kDa, 40 kDa, or 70 kDa FITC-
labeled dextran molecules. Broadly, we observed that smaller
molecules were not differentially hindered from diffusing over
100 h, with larger differences observed between polymer
concentrations for the largest molecule. In the 10 kDa
condition, the diffusivity profiles for all polymer concentrations
were similar, with the time taken to plateau of ∼45 h (Figure
7). Similarly, in the 40 kDa condition, 2.5% and 5% hydrogels
behaved similarly, with a time taken to plateau of ∼100 h;

however, the 10% profile appeared to be marginally slowed.
For 70 kDa solutes, differences between polymer concentration
were more apparent, again confirming that changes in mesh
size have a larger effect for larger molecules (Figure 7).
Statistical analyses comparing fluorescence values in the
solution surrounding hydrogels after 2 h revealed significant
differences between polymer concentrations for all solute sizes
(10 kDa: 2.5% vs 5% p = 0.0035, 5% vs 10% p = 0.0275, 2.5%
vs 10% p = 0.0002; 40 kDa: 2.5% vs 5% p = 0.0009, 5% vs 10%
p < 0.0001, 2.5% vs 10% p < 0.0001; 70 kDa: 2.5% vs 5% p =
0.0072, 5% vs 10% p = 0.0360, 2.5% vs 10% p = 0.0005).

Figure 6. Plots generated using mathematical models showing results of parameter sweeps with (A) showing an average concentration of 40 kDa
solute in the solution normalized to the steady state concentration above the hydrogel (to calculate a percentage of endpoint concentration) as the
mesh network size is altered. (B) Average concentration of solute in the solution above a 2.5% hydrogel for solutes with different hydrodynamic
radii (rs). As the solute size increases, the diffusivity is reduced.

Figure 7. Plots showing absolute fluorescence in the media surrounding 2.5%, 5% and 10% hydrogels containing (A) 10 kDa, (B) 40 kDa, and (C)
70 kDa solutes (n = 3, mean ± SD). Some error bars are small and not visible.
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However, by 24 h, no significant differences were detected
between polymer concentration in the 10 kDa condition. In
the 40 kDa condition, we detected higher levels of fluorescence
in the 5% and 2.5% conditions compared to the 10% (5% vs
10% p = 0.0056, 2.5% vs 10% p = 0.0008), but the 2.5% and
5% conditions were no different. For the 70 kDa condition, we
detected significant differences between polymer concentra-
tions for all comparisons (2.5% vs 5% p = 0.0142, 5% vs 10% p
= 0.0022, 2.5% vs 10% p = 0.0001). These observations suggest
that the diffusion of larger solutes is far more impacted by
changing polymer concentration than that of smaller solutes.
Overall, these data align with trends predicted by our

models. They also suggest that doubling the polymer
concentration from 2.5 to 5% produces hydrogels with faster
gelling kinetics that are an order of magnitude stiffer without
greatly affecting diffusivity in the long term. Indeed, increased
polymer concentration only appears to affect the diffusion of
the largest FITC-dextran molecule at stiffnesses that may not
be suitable for cell encapsulation (G′> ∼ 10 kPa). These
findings alleviate potential concerns surrounding PEG hydro-
gels that changes in stiffness may impact mass transport.
Moreover, our hydrogel system allows us to analyze these
impacts independently, thus taking advantage of the tunability
of the PEG system while minimizing possible confounding
effects from changes in mass transport.
Our experimental and modeling findings both identified that

smaller solutes diffuse faster than larger in our tetra-PEG
network. Our findings also show that the time required to
achieve a steady state is non-negligible. This is of importance
for 3D cell cultures in which both delivery of factors to cells
from outside the hydrogel (growth factors, e.g.) and detection

of biomolecules produced by cells (cytokines, e.g.) in the
surrounding media depend on diffusion. In particular, the latter
should only be sampled (or interpreted) at time scales that
account for these effects. Furthermore, our modeling and
experimental data suggest that differences between diffusion
profiles tend to occur within the first hours. We suggest that
differences in diffusion over this time frame are likely to have a
minimal impact on experimental setups, as time scales are
often longer.
We fitted our model to experimental results for Deff, which

depends on both solute size and mesh size (R2 values all >
0.944; Figure 8). In some cases, differences between the
polymer concentrations normalized versus experimental
fluorescence values appeared more pronounced in models;
however, this was likely attributable to our strategy of
normalizing experimental data to a predicted steady state
value from the data fitting. To determine which parameter
plays the larger role in determining diffusivity, we analyzed the
sensitivity of the model to both parameters. Our results show
that network diffusivity, as initially predicted by our model, was
systematically overestimated. This is in agreement with others’
findings that obstruction theory overestimates diffusivity.37

Such overestimations may extend from model assumptions,
including that solutes are treated as hard spheres of fixed
radius. In reality, molecules like dextran have more nebulous
structures, and their hydrodynamic radii are unlikely to remain
fixed as they diffuse through the network.25 Furthermore, our
model predictions rely on estimates of mesh size. Mesh sizes
are notoriously complex to obtain, and there remains debate
concerning the accuracy of different prediction methods.23 A
final limitation of our model is that potential interactions

Figure 8. Normalized fluorescence from experimentally acquired measurements of (A) 10 kDa, (B) 40 kDa, and (C) 70 kDa FITC-labeled dextran
plotted with fitted mathematical model predictions of solutes diffusing out of 2.5%, 5%, and 10% hydrogels. Experimental values are fitted to an
exponential plateau function and normalized to the end point fluorescence to calculate a percentage of the total fluorescence for each time point (n
= 3, mean ± SD). Some error bars are small and not visible.
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between the polymer and solute molecules is not accounted
for; however, others have shown that this simplification is
reasonable.35,37 Nevertheless, despite discrepancies between
our predictions and experimental findings, we can have
confidence in the trends predicted by our model as fitting
only served to scale the value of the effective diffusivity rather
than change the predicted diffusion profile.
By performing parameter sweeps changing for mesh size and

solute size incrementally, we were able to observe the role of
each parameter in determining overall diffusivity. Thus, our
model provided additional insight into mechanisms that drive
network diffusivity. Indeed, the impact of changing mesh size
was negligible and only had an increasingly larger effect as
mesh size approached the hydrodynamic radius of the solute.
These results are in line with our experimental findings that
increasing polymer concentration to 10% had a greater impact
on diffusion compared to increasing from 2.5% to 5%. On the
other hand, our models predicted that solute size played a far
larger role in predicting diffusion, with larger solutes taking
longer to diffuse than smaller. For example, our model
predicted that solutes with a radius of 7 nm versus 8 nm
diffusing out of a 2.5% hydrogel produced a maximum
percentage difference between profiles of 36%.
Our theoretical estimates predict that 40 kDa and 70 kDa

molecules should remain trapped within hydrogels, as we
predicted hydrogel mesh size to be smaller than dextran
molecules’ hydrodynamic diameter. However, though diffusion
was increasingly hindered at higher polymer concentrations for
larger molecules, they were still able to escape the hydrogels, in
keeping with previous reports.25 These findings suggest an
underestimation of mesh size or an overestimation of solute
effective radius. It is also possible that encapsulating FITC-
dextran within hydrogels impacts the mesh, driving the
inconsistencies. In short, while theoretical predictions are
useful for estimating diffusivity, these discrepancies highlight
the importance of experimentally measuring diffusion.
Parameters from these experiments can then be used to
improve models.

■ CONCLUSIONS
The diffusivity of solutes in hydrogels is important for the
viability and activity of encapsulated cells and will regulate the
diffusion and/or local retention of secreted factors, which play
important roles in regulating cell behavior.22,47,48 Here, we
show using theoretical estimates of hydrogel mesh size that
predictions for the diffusivity of solutes with known hydro-
dynamic radii reasonably match experimental diffusion
behaviors. We also show that altering polymer concentration
in our tetra-PEG design allows us to produce hydrogels with
different mechanical stiffnesses without significantly impacting
diffusivity for hydrogels up to a polymer concentration of 5%.
Hydrogels are increasingly used to explore hypotheses
regarding the role of mechanical stiffness in regulating cell
behaviors. Our findings provide confidence that such questions
can be addressed in tetra-PEG hydrogels without introducing
the confounding effect of differing transport rates of solutes to
and from encapsulated cells. Moreover, as the A4+B4 hydrogel
design allows for stiffer hydrogels to be formed at low polymer
concentrations compared to A2+B4 designs, stiffer in vitro
tissue models can be formed without compromising diffusivity.
However, our findings also highlight the importance of solute
size on diffusion rates, suggesting that it should be an
important consideration in experimental designs that aim to

deliver factors to encapsulated cells or assay secreted proteins
in culture supernatants. Combined with our previous work11

showing that tetra-PEG designs can also allow for quick
gelation at low polymer concentrations, producing hydrogels
that are sufficiently soft for encapsulation of human intestinal
organoids, we have gone some way to demonstrate that these
hydrogels are suitable for a range of applications.
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Chapter 5

Developing an in-vitro Culture of 3D

Encapsulated VSMCs

Chapter Abstract

Background: In order to test whether vascular cell-ECM interaction is altered in the presence

of flow, we first need a baseline static in-vitro culture. This setup should allows us to observe

evidence of cell-matrix interaction so we can then infer changes, if any, in these interactions

in flow conditions. As discussed in Chapter 1, we concern ourselves specifically with VSCM

interactions and we therefore aimed to create a reductionist model in which these cells can be

long-term cultured in 3D, seen to interact with their surrounding matrix and eventually treated

with interstitial flows. To this end, in lieu of using tissue, a bio-material is used to keep cell

cultures in 3D. As previously described, a synthetic PEG based hydrogel was selected for this

work in which stiffness, biodegradability and availability of adhesive ligands can be independently

tuned.

Aim: With data in hand characterising the basic properties of the hydrogel itself (Chapters 3

and 4), the aim of this chapter is to determine the suitability of this material to hosting cell-ECM

interactions. The first criteria is to ensure the cells’ viability for long-term culture within the

hydrogels and thus to obtain the optimum set of hydrogel characteristics for the study. With

these optimum conditions identified, the next aim is to show that cells can actively interact with

this material and thus recapitulate the basics of cell mediated tissue remodelling. This interaction

is two fold: cell-mediated degradation of the matrix as well as synthesis of newly laid proteins,

thus demonstrating an active remodelling of the hydrogel by embedded cells.

Methods: This chapter introduces both the bovine and human primary cell cultures used in

our models. Data assessing VSMC viability exploring the impact of the hydrogel solid content,

peptide distribution and cell seeding density, is then presented. Morphology of cells in hydrogels

83



of different degradabilites is explored looking at cells ability to breakdown the hydrogel and con-

firming that this is MMP mediated. Finally we present data showing evidence of newly laid ECM

proteins by encapsulated human primary cells.

Conclusion: The data in this chapter allowed us to identify the optimum encapsulation

conditions and confirm the suitability of using our PEG-peptide hydrogel to host vascular cell-

ECM interactions including matrix degradation and synthesis of new ECM proteins.

5.1 Chapter Aims

The data in this chapter address Aim 2: developing a suitable static in-vitro baseline model to

study VSCM cell interaction to then compare to in-flow conditions. The specific aims of this

chapter were to:

• Assess encapsulated VSMC viability in hydrogels altering stiffness, bioactivity and seeding

density

• Assess whether cells can break down the hydrogel via MMP secretion

• Test whether cells can lay down new ECM within the hydrogels

• Assess the possibility of using human primary cells
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5.2 Methods

5.2.1 Tissue Culture

Initially in order to optimise experimental protocols, primary bovine VSMCs were used. These

cells were isolated from the adventitia of bovine aortic tissue. This work was conducted primarily

by our collaborators in the Shanahan group at Kings College London. Tissue was obtained from

an abattoir the same day as the animal was sacrificed and kept on ice until isolation of cells. The

Aorta was first thoroughly cleaned in HBSS to remove excess blood. The vessel was then cut open

and divided into smaller sections (approx 5 cm long) and stored in media containing antibiotic

and anti fungal medication for sterilisation (referred to as sterilisation media). The sterilisation

media contains 1% PSG (penicillin-streptomycin-glutamine) and 1% Amphotericin B in DMEM,

serum free. The sections were then stored in the fridge in solution awaiting further processing.

The tissue can be stored overnight like this.

Scissors were then used to cut away connective tissue, fat and to cut away the Adventitia

(the outer most layer of the Aorta containing primarily fibroblasts) from each sample. The inside

of the vessel was then gently scraped with bent forceps to denude the endothelial layer. The

Aorta was then cut up into 1-2 mm wide chunks in order to maximise surface area for enzyme

digestion. The aortic pieces were then transferred to 5 ml tube and incubated in 3 ml Collagenase

(Sigma C-0130), 3 mg/ml in sterilisation media and 500 µl Elastase (Sigma E0127) 1 mg/ml in

sterilisation media as shown in Figure 5.1. The pieces were then incubated in this enzyme solution

for 4 hours and agitated by pipetting up and down every 30 mins. After 4 hours, the solution

was mixed and then centrifuged at 400 rpm for 1 min. The supernatant was then transferred to a

new tube before spinning down at 900 rpm for 3 mins. The media was then aspirated and the cell

pellet re-suspended in 1 ml of culture medium containing 20% FBS, 1% Antibiotic-Antimycotic

(ABAM) (Thermo 15240062) and 1% L-Glutamine in DMEM. Cells were then counted and then

re-suspended to a concentration concentration of 4× 105 cells/ml. One ml of cell suspension was

then plated in a T75 flask with 15 ml of media and then left for undisturbed for 48 hrs.

Subsequently, cells are grown up on standard T75 tissue culture flasks at 37°C in 5% CO2

and grown to confluency of 70-80% before splitting via standard trypsinisation. These cells were

observed to proliferate quickly, doubling in population every 24 hours likely on account of the high

concentration of FBS in the media. The cells were split in ratios of 1-4 to 1-6 as needed, never

below a ratio of 1-10. Media changes were performed every 2-3 days. In culture, they adopt long

thin spindle like shape as seen in Figure 5.2. Senescence in these cells occurs at approximately

passage 25.
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Figure 5.1: Figure showing the process of isolating VSMCs from tissue. In A, the intact Aorta
is first washed to remove excess blood. In B, the Aorta is cut into sections and the endothelium
denuded before slicing the sample into 1 mm chunks. In C, the sections of Aorta are shown
submerged in enzyme solution for digestion.

Figure 5.2: Representative bright field image of bovine VSMCS cultured in T75 flasks.
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5.2.2 VSMC Marker Expression

To confirm the cell type isolated, imunocytochemistry for 3 markers of smooth muscle cells was

performed: smooth muscle actin (αSMA), smooth muscle protein 22 (SM-22) and calponin at

different passage numbers. Cells were seeded at a density of 2×104 cells/cm2 on autoclaved cover

slips of diameter 16 mm in a 24 well plate. After 2-3 days of culture, cells were washed with PBS

3 times and then fixed with 4% PFA 500 µl per well for 15 mins at room temperature. The wash

step was repeated and the cells were permeabilised in 0.5% Triton-X in PBS for 5 mins before

an incubation of 30 mins in 1% Bovine Serum Albuminin (BSA) in 0.1% triton-X PBS to block

for non specific binding. The respective primary antobodies anti-TAGLN-SM22, anti-Calponin 1

or anti-αSMA were then added in blocking buffer solution to a 1:600, 1:600 and 1:333 dilution

respectively for overnight incubation at 4 degrees. The coverslips were then washed a further 3

times in 0.1% triton-X PBS before adding a 1:1000 dilution of secondary antibody (either donkey

anti-rabbit Alexa Fluor 488 or donkey anti-mouse Alexa Fluor 555) for 2 hrs in the dark at room

temperature. A further wash step was then repeated before adding either a 1:1000 Hoescht or

1:500 DAPI incubation for 15 mins. Samples were then washed a final time before mounting onto

glass slides using Dako Mounting Medium (Agilent technologies) and then imaged on either a

confocal microscope (Zeiss LSM 980) or an apotome microscope (Zeiss Axio Observer). Details of

all antibodies are given in Appendix 9.3

5.2.3 Cell Encapsulation

Cells are encapsulated into the hydrogel by mixing cell suspensions at desired cell density with

solutions of the 2 cross-linking polymers. As before, PEG vinyl sulphone and PEG-peptide con-

jugate are dissolved to the correct concentration in buffer. When encapsulating cells, all dilutions

are made in HEPES buffer PH8 supplemented with 1x Hanks Balanced Salt Solution (HBSS) to

ensure correct osmotic balance of the cells. Cells are first peleted, counted and then resuspended

in HEPES PH8 buffer to the desired cell/ml concentration. First the PEG-VS, PEG-peptide and

cell suspension mixture is allowed to cross-link for 3-5 mins in the 2-2.5% polymer concentration

before being pipetted into the final casting receptacle. Pre-mixing of the PEG components allows

for some cross-linking to occur to ensure an even distribution of cells within the mixture in the final

solid state. Trial encapsulations were run to determine the optimum time to allow the hydrogel

to pre-form without resulting in premature cross-linking no longer allowing for pipetting. Higher

polymer solid content hydrogels cannot be left for as long to cross-link before cell addition as the

cross-linking reaction happens faster compared to in lower solid content hydrogels. Hydrogels are

then allowed to fully cross-link for up to 45 mins in the incubator before media is added around

the hydrogel to provide encapsulated cells with nutrients. The hydrogels are then placed in the

incubator and the media is replaced every 2-3 days as with standard culture.
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5.2.4 Assessing Encapsulated Cell Viability

Viability was assessed by staining encapsulated cells using the invitrogen LIVE/DEAD™ Viabil-

ity/Cytotoxicity Kit for mammalian cells (Catalog number: L3224). Calcein AM (green fluores-

cence) is used to stain cells with intracellular esterase activity whilst ethidium homodimer-1 (red

fluorescence) penetrates cells with a compromised cell membrane.

Thirty µL samples were cast in Sigmacote-treated glass rings of 6 mm diameter in a 24-well

plate and cultured as per normal. To stain, hydrogels are first washed 3 times quickly with PBS

before fresh PBS is added and the hydrogels are placed on a shaker (approx 300 rpm) for 20-30

mins to remove phenol from media. Samples are then stained with a solution of 2 µM ethidium

homodimer and 2 µM calcein AM in PBS and placed on the shaker at room temperature for 45

mins. The stain is then replaced with fresh PBS before shaking for a further 20 mins to remove

any excess. Finally the PBS is replaced once more before cells are imaged. For encapsulated

cell densities of 2×106 cells/ml or greater a 10 µM concentration of both dyes was used instead.

Staining of 2D conditions was performed on glass cover slips as before, washing 3 times with PBS

before incubating with stain for 10 mins and then repeating the wash step. Negative controls for

2D were prepared with 70% ice-cold IMS for 10 mins before washing with PBS and then staining.

5.2.5 Staining Encapsulated Cells

In order to stain encapsulated cells, either whole mount staining of the entire hydrogel or staining

of cryopreserved thin sections can be performed. The advantage of whole mount staining is that the

spatial distribution of the signal is maintained, however antibodies are relatively large molecules

and therefore it can be difficult for them to penetrate the hydrogel fully. Furthermore, imaging

relatively large depths of hydrogel can result in loss of resolution and imaging limitations due to

lens working distances. Conversely, cryosectioning is a more time consuming process in which

spatial detail can be lost but imaging these thinner sections can result in higher resolution images.

For whole mount imaging, hydrogels were placed on the shaker for 30 mins in PBS to remove

excess media. Samples were then fixed in 4% PFA for 30 mins at room temperature on the shaker

before being washed in PBS once to remove excess PFA. Samples were then permeabilised using

0.5% Triton-X in PBS on the shaker for 5 mins 3 times, replacing the solution for each repeat.

Samples were then washed 3 times for 5 mins on the shaker in 0.1% Triton-X replacing the solution

for each wash. A blocking step of 1 hr at room temperature on a shaker in 3% BSA was then

performed before washing and adding primary antibodies at the manufacturers recommended

dilution. The primary antibody incubation was done overnight on a shaker in 4◦C. Secondary

antibodies were then added for 2 hours at room temperature on the shaker in the dark before

adding Hoescht or DAPI stain and performing a final wash step.

88



For cryosectioning of hydrogels, samples were first washed in PBS for 30 mins to remove media

before adding a solution of 30% sucrose in PBS and incubating at least overnight in 4◦C to replace

the water content in the hydrogel. The sucrose solution was then replaced with Optimal Cutting

Temperature compound (OCT) and left at 4 degrees overnight. The samples were then added

to fresh OCT in a cryo-mould ensuring the hydrogels did not sink to the bottom of the mould

and minimal bubbles are introduced. Finally the OCT was then frozen slowly over dry-ice and

the block kept at −80◦C until ready to cut. Sections of approximately 20 µm thickness were cut

using the cryostat and attached to statically charged glass slides. Slides were stored at −80◦C and

then stained as previously described for cells on coverslips. Details of all antibodies are given in

Appendix 9.3.

5.2.6 Encapsulated Cell Morphology Analysis

Encapsulated cell morphology was assessed using F-actin staining. Hydrogels were first washed,

fixed and cells permeabilised as previously described. A dilution of 1:600 of Alexa Fluor™ Plus

647 Phalloidin was then added for 2 hours in the dark on the shaker at room temperature. The

5 min wash step was then repeated 3 further times before adding a 1:1000 dilution of Hoescht

or 1:500 DAPI for 15 mins on the shaker at room temperature. A final series of wash steps was

performed before adding PBS to the samples and then imaging.

Quantification of cell morphology was performed in FIJI where cells were automatically seg-

mented. Briefly, a threshold was first applied to images to clearly distinguish cell shape before

smoothing the edges. The analyse particles function was then applied to all objects above a size

of 100 square pixels or 200 square pixels depending on the condition. Metrics for cell shape were

then automatically calculated for segmented cells. An example of the segmentation is shown in

Panel B of Figure 5.11 for the original image shown in Panel A.

5.2.7 MMP Inhibition Assay

The degradable sequence in the hydrogel system is designed to be cleavable by MMPs secreted by

cells. The sequence is known to be cleavable by MMPs 1, 2, 8, 9,3 and 7 [Nagase and Fields, 1996].

In order to confirm that this is the mechanism by which cells are interacting with the hy-

drogel, MMP activity can be inhibited. Samples were incubated with MMP Inhibitor (Sigma

GM6001). This is a collagenase inhibitor (Ilomastat or N-[(2R)-2-(hydroxamidocarbonylmethyl)-

4-methylpentanoyl]-L-tryptophan methylamide) reported by the manufacturer to act on MMPs

1, 2, 3, 8 and 9. This is therefore not a specific inhibitor but rather reduces or inhibits activity

generally. Samples were incubated in a 12.5 µM solution made up in standard media and replaced

with each media change.
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5.2.8 RNA Extraction from Hydrogels

RNA is extracted from encapsulated cells by first washing hydrogels to remove media before

adding 350 µl of cell lysis buffer (RLT buffer) from the RNeasy Mini Kit (Qiagen). At this stage,

multiple hydrogels can be combined into each volume to increase the yield of RNA. Samples

were then snap frozen in liquid nitrogen and stored at −80◦C until RNA extraction is performed.

The hydrogels were then thawed in solution and homogenised using a tissue homogeniser (MP

Biomedicals FastPrep-24) pulsed at 4.5 m/s for 10 seconds, cooled on ice for 5 mins and then

pulsed for a further 10 seconds. The samples were then spun down and the supernatant added to

QIAshredder shredding columns (Qiagen) to further homogenise cell lysate and remove potential

debris from hydrogels. Steps of the RNeasy mini kit as per the manufacturers recommendations

were then performed and collected RNA stored at −80◦C until needed. All steps were performed

using protein low binding tips and ependorfs where possible to ensure maximum RNA retention.

Typically, hydrogels of 30 µL are made and therefore seeding densities ranging from 1×106 to

4×106 cells/ml correspond to the order of tens of thousands of cells per sample. RNA abundance

is therefore relatively low and the process of RNA extraction as described above was optimised in

order to minimise losses. Furthermore, traditional methods for RNA quantification and quality

control using the Nanodrop methods were not possible as yields were too low to generate reliable

data with this method. To address this, samples were measured on a Bioanylser (instrument name

DE13805253) using the Agilent RNA 6000 Pico RNA kit. Samples were processed and loaded as

prescribed by the manufacturer. Results from the bioanalyser indicate the quality of the obtained

RNA by an RNA integrity number (RIN), a score out of 10. Using the above protocol, RIN scores

of 9.2 or higher were achieved, indicating high quality RNA can be obtained with this method.

Example results of Bioanylser analysis can be found in Appendix 9.4.

5.2.9 Human Cell Culture

Once hydrogel conditions and the flow experimental set up (discussed in Chapter 6) had been

optimised, we moved to cultures of primary human cells. These cells were kindly donated by the

Shanahan group at KCL.

VSMCs were isolated from explants of human aortic tissues from a 35-year-old female (04-35F-

11A) donor, hereby referred to as 35-F. All human materials were handled in compliance with

the Human Tissue Act (2004, UK) and with ethical approval from the research ethics committee

(REC reference: 13/LO/1950). Cells were cultured in M199 medium supplemented with 20%

fetal bovine serum (FBS) and 1% penicillin–streptomycin-glutamine (PSG) at 37°C in 5% CO2.

When human cells were encapsulated in hydrogels, the media was supplemented with 50 µg/µl

sodium L-Ascorbate (Sigma A4034) to help accelerate ECM deposition and remodelling. To induce

replicative senescence, VSMCs were passaged until their growth was arrested, which occurred
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between passages 20 and 25. All cell isolation was performed before the work in this thesis by

someone else. Cells were cultured and passaged in the same way as the bovine with the exception

of slower speeds for pelleting of 1000 rpm. These cells were slower growing compared to the bovine

and needed more time post thawing to grow to confluency.
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5.3 Results

5.3.1 Isolated cells expressed VSMC markers

Figures 5.3, 5.4 and 5.5 show representative images of 2D cell cultures (passage 9 and 10 respec-

tively) seeded on glass coverslips stained for 3 markers of VSMCs: SM-22 (Figure 5.3 Panel B),

αSMA (Figure 5.3 Panel C) as well calponin (Figure 5.5). These images indicate isolated cells

are indeed VSMCs. As expected, calponin, SM-22 and α SMA expression was seen in the cell

cytoskeleton with a large degree of overlap seen for co-staining of αSMA and SM-22. Panel A in

Figure 5.4 shows actin filaments. Calponin staining was performed by I. Guri as part of her MRes

rotation in the Gentleman Lab.

To test whether cells expressed these markers when in contact with the peptide cross-linkers

used in the PEG hydrogel system, cells were seeded on 2D hydrogels (2% polymer content 1 mM

degradable and adhesive). Figure 5.6 shows that although no quantitative comparison can be

made with these images due to the different mounting between glass and hydrogel samples, cells

on the hydrogel still expressed VSMC markers in a similar pattern to those seen on glass.

Cells seeded on the 2D hydrogel surface qualitatively appeared to adopt a longer, more “spindle-

like” morphology akin to that of cells cultured on tissue culture plastic, compared to their shape on

the glass surface. Mann-Whitney statistical analysis of the aspect ratio of cells however, revealed

no significant differences between the 2 conditions based on 3 technical replicates. The seeding

density made separation of individual cell boundaries difficult and thus results may be affected

by the shape of cell clusters rather than the morphology of individual cells. The qualitative

elongation of cells seen in the hydrogel condition may indicate that the adhesive motifs, absent on

the untreated glass surface, may allow cells to spread to a greater degree but repeats are needed

with sparser cell seeding to test this hypothesis fully.

5.3.2 VSMCs favour soft, highly adhesive and degradable hydrogels,

with cells seeded at a density of up to 5× 106 cells/ml

During the encapsulation process cells are re-suspended and incubated for 45 mins in HEPES

buffer PH8 supplemented with 1x HBSS to allow the hydrogel to fully cross-link before media is

added. We therefore wanted to test the impact the buffer’s basic PH and the time delay before

cells receive nutrients on cell survival. To this end we performed live dead stains on 2D cultures

of cells incubated with HEPES for 45 mins compared to media only controls. Panel A of Figure

5.7 shows the impact of the 45 mins HEPES incubation to be negligible on cell viability.

To assess the impact of hydrogel polymer content and hence stiffness on cell viability, VSMCs

(passage 16 or lower) were encapsulated in hydrogels of 2%, 2.5%, 3%, 4% and 5% polymer

content hydrogels corresponding to ≈ 500 Pa, ≈ 1.2 kPa, ≈ 4 kPa, (4% not measured) and ≈
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Figure 5.3: Representative image of bovine VSMCs (passage 9) seeded on glass coverslips for 2
days stained for F-actin in red (A), SM22 in orange (B) and αSMA in green (C). Nuclear Hoeascht
stain is shown in blue. D shows the merge of all stains.
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Figure 5.4: Representative close up image of bovine VSMCs (passage 9) seeded on glass coverslips
for 2 days stained for F-actin in red (A), SM22 in orange (B) and αSMA in green (C). Nuclear
Hoeascht stain is shown in blue. D shows the merge of all stains.
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Figure 5.5: Representative image of bovine VSMCs (passage 10) seeded on glass coverslips for 2
days stained for calponin in magenta. Nuclear DAPI stain is shown in blue.

6.5 kPa stiffness as measured previously by AFM (credit M. Norman [Jowett et al., 2021]). Cells

were encapsulated at a fixed seeding density of 1 × 106 cells/ml and fixed concentration of 1

mM MMP-cleavable and 1 mM adhesive peptide for 48 hrs prior to staining. Additional non-

functional conjugates were added in to increase polymer content without changing the bioactivity

of the hydrogel. Percentage viability was assessed by imaging 9 z planes in 3 hydrogels in each

condition. The number of dead and live cells were counted and the proportion of viable cells

calculated. All viability data was collected using whole mount imaging. Panel B of Figure 5.7

shows that viability was highest in the 2 softest hydrogels at approximately 75% with a reduction

in approximately 10% viability for a polymer solid contents of 3% or higher. The viability of

the softest 3 conditions (2 %, 2.5% and 3%) was then assessed at 96 hrs (different samples to

those assessed at 48 hrs) as shown in Panel B of Figure 5.7. Viability of approximately 75% was

maintained with no significant differences between conditions.

Within the hydrogel system, we are able to alter the number of adhesive and MMP-cleavable

cross-links. To explore the impact of these changes on viability, cells (passage 12) were encapsu-

lated in hydrogels of varying concentrations of adhesive and degradable cross-links for fixed seeding

density of 1× 106 cells/ml and fixed polymer solid content of 2% and assessed for viability at 48

hrs. Panel C of Figure 5.7 shows that there was no clear trend correlating viability with peptide

distribution but the highest viability was seen in the 1 mM degradable 1 mM adhesive condition.

The viability of cells encapsulated in hydrogels at different seeding densities was assessed for

1 × 106 cells/ml, 2 × 106 cells/ml, 5 × 106 cells/ml and 10 × 106 cells/ml. In most instances,

hydrogels of 30 µL were made and this therefore corresponds to 33 × 104 cells to 333 × 104 cells
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Figure 5.6: Representative image of bovine VSMCs seeded on 2D hydrogel 2% 1mM degrad-
able/adhesive in 24 well plate for 3 days stained for F-actin (A), SM22 (B) and αSMA (C).
Nuclear Hoeascht stain is shown in blue. D shows the merge of all stains.
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per sample. When considering potential downstream assays such as qPCR analysis or staining for

nascent proteins, maximising the number of cells in each sample is beneficial to increase RNA or

new protein yield. However, the results in Panel D of Figure 5.7 show a sharp decrease in viability

in densities ≥ 5× 106 cells/ml and therefore 166× 104 cells per sample represented a higher limit

in 30 µL samples. For all conditions hydrogels formed, showing densities of 10× 106 cells/ml can

be encapsulated without completely disrupting cross-linking.

Data in Panel A as well as some of the data in Panel B of Figure 5.7 were collected by C.

Kerins as part of her MRes Rotation project in the Gentleman lab.

5.3.3 Cells encapsulated in degradable hydrogels secrete MMPs to

breakdown the surrounding matrix and adopt elongated mor-

phologies

We hypothesised that cells would initially interact with the hydrogel by secreting MMPs to break

down the material and thus be able to spread. To test this, the morphology of cells encapsulated

in hydrogels of varying degradability was assessed. Three conditions were considered, a non, low

and high degradable hydrogel the compositions of which are shown in Table 5.1.

Whole mount F-actin staining was used to label cell cytoskeleton and z-stack images of ap-

proximately 90 10 µm slices at 10x were taken in the centre of the hydrogel. Figure 5.10 shows

representative maximum intensity projections of the full z-stack for A) a high degradable , B) a

high degradable incubated with MMP inhibitor, C) a low degradable and D) a non degradable

hydrogel all of fixed 2% polymer concentration and seeding density 1 ×106 cells/ml, 7 days post

encapsulation.

Cells appear more spread in the high degradable condition creating elongated structures as

seen in Panel A. Comparatively spreading is reduced in the low degradable condition (Panel C)

and cells mostly remaining rounded in the non degradable condition (Panel D). The degree of cell

spreading was quantified by plotting cell circularity (shown in Panel C of Figure 5.11). Cells were

significantly rounder in the non-degradable condition compared all other conditions (p ≤ 0.0001

for all comparisons), with the lowest circularity observed in the high degradable condition.

Furthermore, to test whether differences between these conditions were down to cells inability

to break down hydrogel cross-links via MMP secretion, encapsulated cells in the high degradable

condition were incubated with non-specific MMP inhibitor. First the viability of cells in the

degradable hydrogel incubated with MMP inhibitor was assessed at day 7. Analysis of images

such as in Figure 5.8 found cells to be 66% viable in these conditions based on 2 biological

replicates indicating that the MMP inhibitor was not cytotoxic. Cell morphology was also assessed

in a 2D control condition plated on glass and incubated with MMP inhibitor and were seen
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Figure 5.7: A) Figure showing the percentage of viable cells in 2D cultures both with and without
HEPES incubation. Negative controls were prepared with 70% ice-cold IMS for 10 mins. Analysis
was carried out on 3 images for 1 coverslip in each condition representing 1 technical replicate. B)
Figure showing the percentage of viable cells encapsulated at different polymer solid contents at 48
hrs and 96 hrs post encapsulation. C) Figure showing the percentage of viable cells encapsulated
for different peptide molarities 48 hrs post encapsulation, Deg for MMP-cleavable and Cyad for
adhesive peptide. D) Figure showing the percentage of viable cells encapsulated for different cell
seeding densities 48 hrs post encapsulation. All tests were conducted on bovine VSMCs. B-D show
data for 3 technical replicates and 1 biological replicate for each condition. Error bars represent
standard deviation. Statistical analysis: Kruskal-Wallis with Dunn’s multiple comparison test; *
p ≤ 0.05, ** p ≤ 0.01, *** p ≤ 0.001, **** p ≤ 0.0001.
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to be able to spread similarly to in media only condition as shown in Figure 5.9. In the 3D

encapsulated condition, cell morphology remained rounded as seen in Panel D of Figure 5.10, with

cell circularity increased significantly compared to in high degradable hydrogels in media alone

and low degradable conditions (Panel C in Figure 5.11)(p ≤ 0.0001). Circularity was significantly

lower in the MMP condition compared to the non degradable condition suggesting that MMP

activity was not completely blocked and cells were able to spread to some degree (p ≤ 0.0001).

5.3.4 Primary human cells are viable in hydrogels for long-term cul-

ture

We assessed the viability of human primary cells encapsulated in 2% polymer content 1 mM

degradable and adhesive hydrogel at a density of 4 × 106 at day 7 and day 20. Quantitative

analysis of live (green) vs dead (red) cells in images (Figure 5.12) revealed viability to be 87% at

day 7 and 68% at day 20. Assessing viability by day 20 became more difficult as cells form large

clumps making it hard to distinguish individual cells, and thus there is likely an underestimation

of the number of live cells.

5.3.5 Primary human cells secrete ECM proteins in the PEG-peptide

hydrogels

All results in this section were achieved in collaboration with M. Antonazzi in the Shanahan lab.

The work was split evenly.

Immunostaining on cryosections of human VSMCs cultured for 7 days encapsulated in 2%

hydrogels containing 1 mM adhesive and degradable peptides showed cells synthesise collagen 1,

4 and fibronectin (Figures 5.13, 5.14). After 20 days in culture, extensive pericellular matrix

was evident around cells (Figures 5.15 and 5.16). Quantification of staining area determined by

creating maximum intensity projections of 20 µm sections of hydrogel and then calculating the

percentage of positive area in each image confirmed that more ECM deposition is seen by day 20

compared to day 7 (Figure 5.17 Panel A-C) (day 7 vs day 20: fibronectin p ≤ 0.0001, collagen-1

Percentage
CYAD

CYAD
peptide
(mM)

Percentage
DEG

DEG
peptide
(mM)

Percentage
KDWERC

KDWERC
peptide
(mM)

Non degradable 47.5 1.04 0.00 0.00 52.50 1.15
Low degradable 48.5 1.04 24.50 0.52 27.00 0.58
High degradable 50 1.04 50.00 1.04 0.00 0.00

Table 5.1: Table showing the percentage of cross-links and molarity for each peptide type for non,
low and high degradable 2% polymer content hydrogels.

99



Figure 5.8: Representative images of live (green) dead (red) staining of encapsulated bovine
VSMCs in 2% polymer content 1 mM degradable and adhesive hydrogel at a density of 1 × 106

treated with MMP inhibitor at day 7.
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Figure 5.9: Representative images of bovine VSMCs seeded on glass treated with MMP-inhibitor
(A) and a negative media only control (B). Cells are stained using Phalloidin (red) for F-actin
staining and Hoescht (blue) for nuclear stain at day 7.

p ≤ 0.0001 and collagen-4 p ≤ 0.001). Panel D shows a side by side analysis of these results. The

number of cells in each section were no different at days 7 and 20 (Mann-Whitney statistical test

p=0.0781) ((Figure 5.17 Panel E), indicating that the increase in ECM proteins is due to increased

production by the cells by day 20.

101



Figure 5.10: Maximum intensity projections of representative z-stack images taken at 10x by
confocal microscopy showing morphology of bovine VSMCs encapsulated in A) a high degradable ,
B) a high degradable incubated with MMP inhibitor, C) a low degradable and D) a non degradable
hydrogel all of fixed 2% polymer concentration, seeding density 1 ×10−6 cells/ml, 7 days post
encapsulation. Data was collected for 3 biological replicates for each condition with 1 or 2 technical
replicates per repeat. Cells are stained using Phalloidin (red) for F-actin staining and Hoescht
(blue) for nuclear stain. White arrows indicate clusters of cells.
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Figure 5.11: A shows a representative image of bovine VSMCs stained for F-actin in the low
degradable condition. B shows an example cell segmentation using FIJI image analysis tools to
determine cell circularity. C shows a graph of cell circularity for high, high with MMP inhibitor,
low and non degradable conditions. Each point represents measurement for 1 cell with results
collected for a z-stack taken in the centre of the hydrogel with approximately 90 slices of 10
µm thick for 1 or 2 technical replicates per condition and 3 biological replicates. One biological
replicate was lost for the low degradable condition. Statistical analysis: Kruskal-Wallis test with
Dunn’s multiple comparison test; **** p ≤ 0.0001, *** p ≤ 0.001, ** p ≤ 0.01.
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Figure 5.12: Representative images of live (green) dead (red) staining of primary human VSMCs
encapsulated in 2% polymer content 1 mM degradable and adhesive hydrogel at a density of 4×106

cells/ml at day 20.

Figure 5.13: Representative maximum projection images of stained 20 µm cryosections of primary
human VSMCs isolated from a 35 year old female (35-F) encapsulated in 2% polymer content 1
mM degradable and adhesive hydrogel at a density of 4×106 cells/ml, 7 days post encapsulation. A
shows fibronectin staining, B collagen-1 staining, C F-actin staining and D nuclear DAPI staining.
Finally E shows the merge.
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Figure 5.14: Representative maximum projection images of stained 20 µm cryosections of primary
human VSMCs isolated from a 35 year old female (35-F) encapsulated in 2% polymer content 1
mM degradable and adhesive hydrogel at a density of 4×106 cells/ml, 7 days post encapsulation. A
shows collagen-4 staining, B collagen-1 staining, C F-actin staining and D nuclear DAPI staining.
Finally E shows the merge.
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Figure 5.15: Representative maximum projection images of stained 20 µm cryosections of primary
human VSMCs isolated from a 35 year old female (35-F) encapsulated in 2% polymer content 1 mM
degradable and adhesive hydrogel at a density of 4× 106 cells/ml, 20 days post encapsulation. A
shows fibronectin staining, B collagen-1 staining, C F-actin staining and D nuclear DAPI staining.
Finally E shows the merge.
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Figure 5.16: Representative maximum projection images of stained 20 µm cryosections of primary
human VSMCs isolated from a 35 year old female (35-F) encapsulated in 2% polymer content 1 mM
degradable and adhesive hydrogel at a density of 4× 106 cells/ml, 20 days post encapsulation. A
shows collagen-4 staining, B collagen-1 staining, C F-actin staining and D nuclear DAPI staining.
Finally E shows the merge.
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Figure 5.17: Quantitative analysis of the percentage area of images covered by fibronectin (A),
collagen-1 (B), collagen-4 (C) and side by side comparison of all stains day 7 and 20 post encap-
sulation (D). Each dot represents the result for 1 image with 5 images analysed for 3 technical
replicates (3 independent hydrogels). E shows the average number of nuclei in each section at
day 7 and day 20. Error bars represent standard deviation. Statistical analysis: for A-C and E
Mann-Whitney test, D) 2-way Anova with Tukey’s multiple comparison test (significance between
day 7 and 20 for each protein type in D is omitted for clarity). *** p ≤ 0.001, **** p ≤ 0.0001
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5.4 Discussion

In this chapter we aimed to determine the parameters for our baseline static in-vitro culture of

VSMCs. Staining in Figures 5.3 and 5.6 showed that primary cells isolated from bovine tissue

expressed calponin, αSMA and SM-22 indicating that these were indeed the correct cell type and

the isolation method suitable.

These cells were then used to identify suitable hydrogel characteristics for 3D encapsulation

showing the optimum conditions to be low polymer content of up to 3%, high degradability and

adhesive ligand density of 1 mM and seeding density of 5 × 106 cells/ml or lower. For these

conditions, the maximum stiffness of the hydrogel as measured by AFM is of 3 kPa. Estimates for

media stiffness also based on AFMmeasurements are higher at (22.18± 5.54 kPa) for human media

[Asgari et al., 2022] and 6 kPa for murine aortic arch and descending Aorta [Bae et al., 2016]. In

our system, hydrogels of this stiffness would induce cell death and therefore a potential limitation

of our model is the inability to match in-vivo aortic stiffness. AFM is used to measure the Young’s

modulus (E) of a material by probing the surface and measuring deformation of a cantilever beam

at a micro to nano scale (depending on bead size) [Krieg et al., 2019]. However, whilst AFM was

used to measure both the hydrogels and the tissues in these examples, our measurements were

made without cells in the system and thus we cannot directly compare these results. Our data

estimates the stiffness of the material surrounding the cells at baseline and whilst including cells

may change this results, we also hypothesise that as cells remodel their environment these values

will further change. Therefore, matching the hydrogel stiffness to estimates based on tissue requires

caution. Not only that, but discrepancies in AFM methodology lead to differently reported young’s

modulus values for a same tissue or material [Norman et al., 2021] and thus direct comparison may

not be possible.

Furthermore, the microstructure of aortic tissue compared to that of the hydrogel is very

different. The stiffness cells truly feel is dependent on the distribution of adhesive ligands and

the range over which cells can “pull” on their surrounding ECM to develop internal stresses.

In comparing the structure of our hydrogel compared to medial ECM from tissue, these differ

significantly. The cross-links in our hydrogel system are of the range of nanometers long and a

tightly packed network of these short range cross-links encapsulate cells. Conversely, the main

component of medial ECM is elastin which form long range fibrils of thickness in the order of

µm creating a highly irregular structure [Dingemans et al., 2000]. Whilst a tightly packed ECM

may create a relatively stiff environment, the arrangement of fibrils and defects may mean the

true peri-cellular environment differs significantly from that of the bulk material. It therefore may

not be useful or indeed possible to compare absolute stiffness values between completely different

matrices but we may be limited to studying differences within the same material.

The maximum number of cells we were able to encapsulate was limited to up to 5×106 cells/ml.

109



At this density cells are sparser than in the aortic wall. The reduction in cell viability at higher

seeding densities we observed may be due to a reduction in nutrient availability. Indeed, the

impact of densely packed cells on network diffusivity has not be explored and cells may hinder

transport of nutrients within the matrix. Furthermore, consumption of nutrients by cells nearer

to the surrounding media may reduce the availability to cells in the centre. A drawback of this

encapsulation limit is a reduced yield of RNA or proteins in the sample for downstream analysis.

By changing the concentration of MMP-cleavable and adhesive motifs included in the hydrogel,

the degree to which the cells can interact with their environment is altered. In-vivo, VSMC actin

filaments bind to surrounding ECM developing dystrophin-glycoprotein complexes to allow cells

to develop contractile forces to maintain vessel wall integrity. We therefore hypothesised that we

should include a high proportion of adhesive cross-links within our hydrogels. Furthermore, with

the aim of exploring cell-ECM interaction, it stands to reason that we should include the highest

proportion of MMP-cleavable cross-links possible to maximise possible interactions. Therefore the

aim was to use a highly degradable and adhesive hydrogel and the viability data showed these

conditions to be favourable to cell survival.

Furthermore the type of peptide motif affects VSMC phenotype as discussed in Chapter 1.

Once primary cells are isolated, achieving contractile phenotype in culture is challenging as cells

lose their contractile like state almost immediately upon isolation. Different strategies can be em-

ployed to “§re-differentiate” cells and the importance of ECM composition has been highlighted

as a driver of cell phenotype changes [Stegemann et al., 2005, Assoian et al., 1996, Owens, 1995,

Thyberg et al., 1990]. The amino acid sequence of different adhesive motifs drive particular VSMC

phenotype driving either a more synthetic or contractile like phenotype. Laminin and collagen-4

are largely accepted to drive a more contractile-like phenotype whilst fibronectin and collagen-

1 drive a more synthetic one [Hedin et al., 1988, Hayward et al., 1995, Thyberg et al., 1997,

Huo et al., 2000]. Indeed our adhesive RGD ligand is based on fibronectin and therefore may

not be the best sequence to facilitate the contractile phenotype most relevant for a healthy base-

line model. However, Beamish et al test the ability of fibronectin, laminin and PEGDA hydrogel

modified with pendant RGD surfaces to support differentiation of human coronary artery SMCs

in 2D culture to contractile like phenotype [Beamish et al., 2009]. Unexpectedly, they show that

at a transcriptional and translational level no differences in expression of contractile markers be-

tween surface conditions was found for a 6 day culture. The authors suggest that RGD doped

hydrogels can indeed then support correct differentiation of these cells at least as well as seeding

on laminin coatings. Furthermore, they tested hydrogels containing peptides based on other ECM

componants including collagen-1, laminin and elastin but were unable to achieve cell attachement

with these motifs. In the discussion, the authors highlight that the cell type, the way in which

the peptides are presented to the cells and indeed the density of adhesive ligands all play a role in

how well cells attach and their phenotype, thus making clear cut conclusions on which peptides
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drive which phenotype complex.

The results of phenotype marker staining of cells seeded on hydrogel surfaces shown in Figure

5.6 do show expression of these markers in the presence of our adhesive and MMP-cleavable

peptides. However, these results alone cannot be used to determine the phenotype of the VSMCs.

Rather, relative expression of these markers along side others such as myosin heavy chain and

smoothelin need to be compared between conditions to determine which conditions drive more

contractile like state [Yap et al., 2021]. For this study we have not considered VSMC phenotype

closely and this is a limitation of this model as phenotype indeed does heavily influence cell matrix

remodelling. However, this model would be used to compare static versus flow conditions for the

same hydrogel characteristics and thus the comparison would be made between cells of the same

phenotype (unless flow itself mediates a change).

The results of the morphology analysis in different percentage degradable hydrogels showed

evidence of cells interacting with the hydrogel actively through secretion of MMPs. Cells are

therefore able to breakdown their surrounding matrix showing this material to be suitable for

our goal of studying ECM breakdown by vascular cells. Furthermore, staining for ECM pro-

teins revealed that by day 7, encapsulated human primary cells were able to synthesise new

matrix, showing deposition of collagen-1, collagen-4 and fibronectin. The media wall is densely

packed with elastins and collagens, with elastin arranged in sheets separated by collagen fibres and

proteoglycan-rich ECM [Wagenseil and Mecham, 2009]. Indeed, type 1 and type 3 collagens are

the most abundant in media [Xu and Shi, 2014], and collagen-4 in the sub-intimal basement mem-

brane [Sariola et al., 1986, Murata et al., 1986]. Furthermore, fibronectin is identified as playing

an important role in modulating elastic modulus of the vessel wall as well as mediating the deposi-

tion and stability of other proteins, including collagen-1 and collagen-3 [Sottile and Hocking, 2002].

Although not exhaustive, the stains we have performed are therefore relevant to study ECM de-

position by VSMCs. However, one gap is the absence of elastin staining. Previous work in the

Shanahan group showed elastin staining in 3D tissues to yield non specific results with large

amounts of background stain using Verhoeff staining (personal communication). Furthermore,

proteomics data performed on matrices produced by 2D cultures of human VSMCs showed low

levels of elastin [Whitehead et al., 2023]. This is therefore a limitation to the current model, with

elastin loss being an important marker of aortic aneursysm and loss of vessel function in general.

We will next work on optimising elastin detection in our system looking at alternative staining

methods as well as using RNA expression to infer changes in this protein expression. We chose to

seed cells at the highest possible density without impacting viability in order to maximise poten-

tial new synthesis and samples were left for up to 20 days to allow new proteins to form. Indeed

greater amounts of ECM were seen at day 20 compared to day 7.

We were able to see new proteins at day 7 in cryosectioned samples but not in whole mount

stained ones. This suggests that primary and secondary antibodies are unable to penetrate the
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hydrogel sufficiently with the time frames in the current protocol. Indeed antibodies are relatively

large molecules of approximate size 150 kDa [Janeway Jr et al., 2001]. A 150 kDa FITC dextran

molecule corresponds to a stokes radius of approximately 8 nm (based on manufacturers data).

The estimated diameter then of a typical antibody is much larger than the mesh network size

estimates in Chapter 4. As discussed in this chapter, molecules are not rigid and it may therefore

be able to penetrate, however we would expect it to take significant time to fully permeate. Indeed,

with whole mount staining of VSMC markers we were able to detect some fluorescence on the edges

of the hydrogel (data not shown) but not sufficient signal throughout to analyse these data. In

order to perform whole mount staining further optimisation of the protocol is required to try

and maximise diffusion into the hydrogel. By comparison Phalloidin molecules have a diameter

of approximately 1-2 nm and therefore we were able to perform whole mount staining for all

morphology analysis.
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5.5 Conclusion

The data in this chapter show the PEG-based hydrogel system to be a suitable material for a

reductionist in-vitro model of the aortic wall. We were able to achieve high cell viability and

observe evidence of cells interacting with their matrix within our synthetic material. Cells were

shown to both degrade and synthesise within the matrix. In summary the data from this chapter

showed:

• Both bovine and human cells can be encapsulated in 3D with a viability of up to 85%

• Encapsulated cells are able to secrete MMPs to break down hydrogel cross-links

• Cells can adopt elongated spindle like morphologies inside the hydrogels

• MMP inhibitors can be used to reduce cell-mediated hydrogel breakdown

• Cells can lay down newly synthesised ECM proteins inside the hydrogel

• We are able to make human cell in-vitro models thus increasing the impact of our findings

for studying aortic disease

At this stage, we have thoroughly characterised a highly controllable and reproducible synthetic

hydrogel system and shown it to be capable of hosting cultures of vascular cells and cell-mediated

remodelling. We have gone some way in showing that we can recapitulate function of the cells

within this reductionist system. This synthetic in-vitro system allows a higher degree of control

over the mechanical environment and the ability to alter parameters independently as opposed to

tissue studies. This therefore makes it amenable to introducing interstitial flow as is discussed in

the next chapter.
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Chapter 6

Incorporating Flow

Chapter Abstract

Background: Vascular cells are subject to 3 main types of mechanical stimulation from flow,

cyclic strains as the wall is distended by puslatile flow, lumminal shear stresses on the endothelium

and interstitial stresses due to flow driven into the wall itself. For this work, we are focused on

the impact of interstitial fluid stresses and therefore a fluidic system in which flow can be driven

through 3D cultures of cells needs to be established. Building on the work in previous chapters, this

chapter presents preliminary flow experiments to demonstrate the feasibility of using our in-vitro

model combined with a microfluidics setup to interrogate the role of flow in matrix remodelling.

Further to this, an initial design for a novel bioreactor which may be able to incorporate a more

complete vascular mechanical environment is presented.

Aim: The aim of this chapter is to present the microfluidics setup used for stimulating 3D

cultures of cells, show evidence that cells indeed respond to flow cues and to validate in theory

the novel bioreactor design.

Methods: Flow was passed through 3D cultures of encapsulated cells housed in Ibidi channel

slides using a compressor and pressure controller to drive flow from a reservoir through the cul-

ture of cells. Cells were then stained using Phalloidin and DAPI to assess cell morphology and

orientation with respect to flow direction. A novel bioreactor design was drawn using computer

aided design (CAD) and simulations of flow in the chamber were run using computational fluid

dynamics (CFD). Flow velocities and pressures were resolved for using both free flow and porous

medium flow governing equations.

Results: VSMCs subjected to flow are rounder in morphology compared to those cultured

under static conditions. Cells align parallel to the direction of flow. Results from CFD simulations

on the novel bioreactor indicate that this design may be suitable to stimulate cultures of cells with

luminal and interstitial stresses with the ability to independently control these factors. Results
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from simulations are validated against analytical results and shown to be mesh independent.

Conclusion: The preliminary flow experiments in this chapter indicate that this setup is

suitable for imparting interstitial stresses to encapsulated cells in 3D. Together with results from

previous chapters we have shown that we have developed a reductionist in-vitro model which can

be used to interrogate the role flow in aberrant ECM remodelling. Furthermore, in this chapter

we have presented a validated theoretical design for a novel bioreactor which may be used in the

future to extend the model we have presented here.
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6.1 Introduction

In the previous chapters, properties of the PEG-peptide hydrogel have been characterised and the

ability to encapsulate vascular cells within these hydrogels has been assessed. Now that we know

the material to be permeable to flow and able to host cell-mediated breakdown and the laying of

nascent proteins, we are now able to introduce flow into the system.

Chapter 1 covers the different types of mechanostimulation present in the vascular wall,

the impact these have on cellular behaviours and the main methods of incorporating these

mechanical cues into in-vitro cultures. Briefly, the aortic wall is subject to 3 main mechan-

ical forces imparted by pulsatile blood flow: cyclic strains due to vessel wall distention, lu-

minal shear stresses on the endothelium and interstitial stresses caused by flow driven into

the wall itself [Lehoux and Tedgui, 2003, Hahn and Schwartz, 2009, White and Frangos, 2007,

Shi and Tarbell, 2011]. For this study, we are focused on the impact of fluid stresses on VSMCs

interaction with their surrounding ECM. Therefore the main type of mechanostimulation to in-

clude is fluid stresses from interstitial flows. Importantly, VSMCs are known to interact with

surrounding ECM differently in 3D compared to 2D and thus it is important to include these

stresses within a 3D culture. There is historically a paucity of studies incorporating flows in 3D

due to an underestimation of the potential importance of these mechanical cues and limitations

in biomaterial choice. Therefore the aim in this study is to stimulate 3D cultures of encapsulated

VSMCs with fluid stresses by driving flow through the hydrogel in which they are embedded. In

this chapter we present the fluidics setup used to stimulate our 3D cultures as well as the impact

these flows have on cell morphologies.

Whilst the focus of this thesis has been solely on VSMCs, another aspect which is highlighted

in Chapter 1 is the important interactions between ECs and VSMCs in regulating vessel tone.

Furthermore, the other mechanostimulation pathways, pulsatile stretch and luminal shear stresses

are crucial to ECs and thus for recapitulating the full mechanical environment of the vascular

wall. Therefore, we also include in this chapter, a novel design of a bioreactor which may be used

to incorporate co-cultures of ECs and VSMCs and the 3 axes of mechanical stimulation. At this

stage the work is theoretical however this serves as an introduction for how the work in this thesis

may be extended to create more complete vascular wall models.

6.1.1 Shear and Normal Fluid Stresses

The purpose of introducing flow into the model is to impart fluids stresses on cells. When fluid

passes over a surface, stresses due to friction occur. These are governed both by the relative

velocity of the fluid to the surface and the rate of change of direction of the flow. Fluid stresses

therefore have both a component in the direction of the flow, shear stress and perpendicular to

the direction, normal stresses. For example, in the Aorta, lumen flow imparts shear stresses on
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endothelial cells but interstitial flow driven into the wall and around embedded cells has both a

normal and shear component.

By considering flow as a continuous medium, these stresses occur due to the relative motion of

different layers of fluid and is highly dependent on the rate of change of velocity of the fluid but

also it’s viscosity. If we consider a 3 dimensional volume of fluid, stresses act on the fluid surfaces

in 3 spatial directions. Since the deformation of the fluid is dependent on the magnitude but also

the direction of the force applied, stress in a fluid is defined by a stress tensor defined in 3 space

coordinates. Expressions for the resultant stresses on the fluid in terms of velocities and pressures

of the flow can be established by considering the constitutive laws which relate properties of the

flow (for example viscosity) to its response to external forces. Throughout this thesis, stresses

are imparted using cell culture medium which is approximated as water and thus treated as an

incompressible newtonian fluid. The density of the fluid is therefore treated as constant and the

viscosity independent of the strain rate. For such materials the stress tensor is given by:τxx = −p+ 2µ∂ux

∂x
τxy = τyx = µ(∂ux

∂y
+ ∂uy

∂x
)

τyy = −p+ 2µ∂uy

∂y
τxz = τzx = µ(∂ux

∂z
+ ∂uz

∂x
)

τzz = −p+ 2µ∂uz

∂z
τyz = τzy = µ(∂uy

∂z
+ ∂uz

∂y
)

 , (6.1)

where τxy for example denotes the stress acting on the y plane in the x direction, µ is the

viscosity, p pressure and ux is for example the x component of the velocity.

In summary, the force imparted by flow is dependent on the viscosity of the fluid, the velocity

magnitude of the flow but also the rate of change of direction of flow. Therefore, to fully describe

fluid stresses the properties of the flow itself but also the geometry through which it is flowing

needs to be fully understood. Stresses are therefore complex to estimate and importantly can-

not be directly measured experimentally. For estimates from lumen flow in the Aorta they are

inferred from flow profiles and morphological data using methods such as 4D MRI as discussed in

Chapter 1. Luminal shear is estimated to be on the order of 0.5-0.8 Pa approximately for healthy

patients [Bissell et al., 2013, Van Ooij et al., 2017]. In disease, these values are increased with

peak estimates for BAV disease patients at approximately 1.3-1.7 Pa dependant on valve fusion

type, severity of stenosis and location within the Aorta [Bissell et al., 2013, Van Ooij et al., 2017].

Estimates for intersitial shear are far more complex to obtain due to the complexity of the ves-

sel wall microstructure and measuring flow pressures and velocities. As discussed in Chapter 2,

mathematical models have been used to estimate these at around 0.1 Pa [Wang and Tarbell, 1995].

6.1.2 Chapter Aims

The data in this chapter address Aim 3: including mechanostimulation into the in-vitro model to

be able to test the impact, if any, on cell-matrix interactions. The specific aims of this chapter

117



were to:

• Develop a fluidics setup to incorporate physiologically relevant levels of interstitial flows in

3D cultures of VSMCs in the PEG-peptide hydrogel

• Explore the impact of flow on encapsulated cell morphology

• Design and validate a theoretical design for a bioreactor to deliver a more complex mechanical

environment to a co-culture of ECs and vascular wall cells (VSMCs and Fibroblasts)
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6.2 Methods

6.2.1 Flow setup

Encapsulated cells were stimulated by flow by driving standard cell culture medium through

hydrogels cast in Ibidi channel slide (µ-Slide VI 0.4), the same ones used for the permeability

PTV assay in Chapter 3, as shown in Figure 6.1. Each channel in the slide has a working volume

of 30 µL of hydrogel cell mixture and has the following dimensions: length 17 mm, width 3.8 mm

and depth 0.4 mm.

The system used to drive flow was the Fluigent lineup series and includes: a compressor

(Fluigent FLPG plus SMF Pressure generator) with a maximum pressure supply of 2.3 Bar,

an airfilter to sterilise air driven into the system (10001001 Air filter for <0.01 µm particles),

a pressure controller (LineUP Flow EZ 2000), a pressure manifold to divide the pressure into

separate channels (CTQ-MANI 10 Position Pressure Manifold) and 15 ml falcon tube reservoirs

(P-CAP15-HP- PCK 15mL pressure CAP HP PACKAGE). Air above the medium in the reservoirs

is then pressurised at a desired level and the medium is then driven into tubing to the chips as

shown in Figure 6.1.

Hydrogels were formed as before and cast into the channels. Once the hydrogel formed, a

pressure of 30 mBar was set on the pump to drive air out of connecting tubes before connecting

the tubing with media to the inlet port on the chip. The outlet is open to atmosphere but pre-filled

with media to prevent the hydrogel from drying up before flow is driven to the end. The hanging

drop method was used to connect the chip in which a drop is created in the inlet and connected

to a hanging drop on the end of the tubing before tubing is plugged in to avoid trapping air into

the system.

6.2.2 Culturing Cells under Flow

Primary Bovine VSMCs were cultured under flow in 2% W/V hydrogels with 1 mM adhesive

and degradable peptide at a density of 1 × 106 cells/ml. The driving pressure was set to 600

mBar for all flow experiments. For a permeability of 1.65×10−16m2 (data from Chapter 3), from

Darcy’s law this gives a flow velocity of 6.54 × 10−5cm/s and a volumetric flow rate through the

hydrogel of 59.7 nl/min. Cells were cultured in these conditions for up to 7 days. Media was

pumped through continuously from the same reservoir for the whole length of the experiment.

Static control hydrogels were made at the same time from the same cell pellet in sigma coated

glass rings as previously.
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Figure 6.1: Figure showing flow setup used to drive flow through 3D cultures of VSMCS. A
compressor is used to generate pressurised air which is filtered before being split into multiple
channels. The air in reservoirs of cell culture medium is then pressurised and drives medium into
flow slides and through the hydrogel inside the channel. The outlet of the channel is left open.
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6.2.3 Staining Encapsulated Cells in Flow Chips

Due to the relatively low permeability of the PEG-peptide hydrogel, it takes approximately 8 hrs

at a driving pressure of 600 mBar to fully replace the volume of the channel. These time frames

are not suitable for immuno staining in which multiple incubations and wash steps are needed.

To overcome this, the sample was cut free by running a scalpel on the underside of the Ibidi chip.

The plastic layer on the bottom of the channel was then removed to expose the hydrogel which

can then be stained similarly to sections of tissue due to the 400 µm depth of the channel. The

hydrogel samples were relatively soft and stick to the underside of the chip so it is challenging

to do this process with no damage to the samples. Care was taken to ensure that the hydrogel

sections of most interest are the least damaged but some cell hydrogel mixture is lost.

6.2.4 Bioreactor Design and Computational Fluid Mechanics

Potential designs for different bioreactors were tested by running flow simulations on different

geometries. Computer Aided Design (CAD) software CATIA (D’Assault System) was used to cre-

ated 3D models of different bioreactors. The resulting fluid domain (volume occupied by flow) was

also drawn in CAD. To simulate the movement of flow in these designs, we used a computational

fluid mechanics (CFD) package COMSOL Multiphysics. The baseline mulitphysics package with

additional CAD import and microfluidics modules were used for this work.

CFD allows the user to solve for fluid pressures and velocities over geometries for which govern-

ing flow equations cannot be resolved analytically. This is achieved by discretising the geometry

into a mesh of elements for which the solutions can be obtained. Numerical methods are then

used to compute values of pressures and velocities at the nodes of the elements by interpolating

over small incremental coordinate changes as defined by the mesh, to obtain results over the entire

geometry. For this simmulation, there are 2 distinct flow regions to consider. Flow outside of

the hydrogel is free laminar flow but flow within the hydrogel is governed by equations for flow

through porous media.

The governing equations to be solved in the free flow regions are the Navier Stokes equations

given for an incompressible newtonian fluid by:

ρ

(
∂u

∂t
+ u · ∇)u

)
= ρF −∇p+ µ∇2u, (6.2)

where ρ is the fluid density, u is the flow velocity, F are the external forces applied to the

fluid, p is the fluid pressure and µ the fluid viscosity. This is combined with the continuity of mass

equation given by:

∂ρ

∂t
+∇ · (ρu) = 0, (6.3)
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In the porous region the continuity and momentum equations are combined to give the Brinkman

equations which adapt to include the solid phase of the medium and hence the extra flow obstacle:

ρ
∂u

∂t
−∇ · µ(∇u+ (∇u)T )− (

µ

k
u+∇p− F ) = 0, (6.4)

where k is the permeability of the porous phase and F represents any external body forces.

Simulations were set up by first defining the geometry over which you want to resolve, applying

material properties to the fluid regions and then defining which type of flows are needed for each

region in the geometry. Initial and boundary conditions were then prescribed in order to define

the problem. The geometry was then meshed using a combination of prescribing element size and

shapes and finally the simulation was run and the results visualised.
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6.3 Results

6.3.1 Preliminary data shows VSMCs align to the direction of flow

Viability of cells in the presence of flow at day 3 was assessed using the invitrogen LIVE/DEAD™
Viability/Cytotoxicity Kit as before. Figure 6.2 shows representative images of viability both near

the inlet and the outlet of the flow chip. Viability was seen to vary along the length of the channel

with an average viability in the front half of the channel of 68%. The viability was significantly

worse in the half of the channel nearest the outlet with an average of 22% (based on 1 biological

replicate and 3 technical replicates). We hypothesise that this is due to the extended time taken

for media to reach the end half of the channel. At these flow rates 8 hrs is needed for the full

volume to be replaced and therefore cells at distance of more than 4 mm have been without media

for at least 2 hrs. This estimation assumes that passive diffusion of nutrients is slower than the

active mass transport due to flow but to remain cautious, we excluded cells beyond 4 mm from

the inlet from our analyses going forward as these cells are likely dead or else impacted by the

lack of nutrients. These viability data suggest that the presence of flow itself does not cause cell

death and thus cells can be cultured under flow.

Cell morphology was assessed using F-actin staining as previously. Briefly a threshold was

applied to the image to segment cells before analysing for predefined measurements set in the FIJI

image analysis software. The parameters of interest in this study were cell circularity and cell

alignment. Based on previous work in Chapter 5 showing cells remain rounder in non degradable

conditions, we hypothesise that cell morphology could be an indicator of the degree to which

cells are degrading their surrounding matrix in order to spread. Alignment was used as a marker

that cells are sensing the flow delivered. Cell circularity was compared to that of cells in static

conditions. Figure 6.4 shows a representative image of Phalloidin and DAPI staining of cells

cultured under flow. Analysis of these images (Figure 6.5) shows cells are significantly rounder

under flow conditions compared to in static culture.

To test cells for alignment to flow direction, the feret angle was computed for each cell. This is

defined as the angle between the largest distance between 2 points on the cell perimeter (the feret

distance) and the x-axis. In the images, the flow direction was parallel to the y axis so the angle

between the feret distance and flow was computed by taking the modulus of the 90 degrees minus

the feret angle. Figure 6.6 shows cells under flow had a smaller angle to the y-axis compared to

static conditions. Cells with an angle of less than 45 degrees to flow are classified as aligned and

the average proportion of cells that met this condition under flow was 75.6% under flow compared

to 45.5% in static conditions.
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Figure 6.2: Representative images of live (green) dead (red) staining on bovine VSMCs encap-
sulated in 2% polymer content 1 mM degradable and adhesive hydrogels at a density of 1 × 106

cells/ml and cultured under flow at a driving pressure of 600 mBar for 3 days. Panel A shows an
image taken near the flow chip inlet and Panel B near the outlet. The viability of cells in Panel
A is approximately 64% whereas in Panel B it is 37%. Direction of flow from top to bottom.

Figure 6.3: Representative images of F-actin staining on bovine VSMCs encapsulated in 2%
polymer content 1 mM degradable and adhesive hydrogels at a density of 1 × 106 cells/ml and
cultured under flow at a driving pressure of 600 mBar for 7 days. This image is a maximum
projection of the 5 image z-stack over the 400 µm Ibidi Channel depth taken at the inlet of one
channel. Direction of flow from top to bottom.
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Figure 6.4: Representative images of F-actin staining on bovine VSMCs encapsulated in in 2%
polymer content 1 mM degradable and adhesive hydrogels at a density of 1 × 106 cells/ml and
cultured under flow at a driving pressure of 600 mBar for 7 days. This image shows a cells in one
plane taken near the inlet. Direction of flow from top to bottom.
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Figure 6.5: Figure showing the circularity of cells cultured in 2% W/V hydrogels with 1 mM
adhesive and degradable peptide at a density of 1× 106 cells/ml under flow (applied pressure 600
mBar, average flow rate 59.7 nl/min) and in static conditions. Each point represents measurement
for 1 cell with results collected from maximum intensity projections of a z-stack taken at 10x in
the centre of the hydrogel for static condition or 10x images of the first 4 mm of the hydrogel
channel for flow conditions. Results are based on 3 biological replicates (1 technical for each) for
the static condition and 2 biological replicates (at least 2 technical for each) for the flow condition.
Statistical analysis: Mann-Whitney test; **** p ≤ 0.0001.
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Figure 6.6: Figure showing the angle between cells and flow direction for cells cultured in 2%
W/V hydrogels with 1 mM adhesive and degradable peptide at a density of 1×106 cells/ml under
flow (applied pressure 600 mBar, average flow rate 59.7 nl/min) and in static conditions. The
angle with the y axis is taken in the static condition. Each point represents measurement for 1
cell with results collected from maximum intensity projections of a z-stack taken at 10x in the
centre of the hydrogel for static condition or 10x images of the first 4 mm of the hydrogel channel
for flow conditions. Results are based on 3 biological replicates (1 technical for each) for the
static condition and 2 biological replicates (at least 2 technical for each) for the flow condition.
Statistical analysis: Mann-Whitney test; **** p ≤ 0.0001.
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6.3.2 Novel Bioreactor Design

In this section we present a potential bioreactor design which could be used to create a more

complete model of the aortic wall in the future. It can include monolayers of ECs combined with

the 3D cultures of VSCMs (with the possibility of including fibroblasts) and crucially allows for

both luminal and interstitial stimulation by flow.

Figure 6.7 shows a schematic of the concept for the bioreactor. Flow through a cylindrical

lumen above the hydrogel is used to stimulate a monolayer of ECs seeded on the top of the hydrogel

VSMC mixture which is set above a porous membrane. A second outlet is made underneath the

hydrogel where a pressure sync can be used to draw flow from the lumen down through the hydrogel

cell mixture. Therefore the proportion of flow moving interstitially depends on the relative pressure

drop between the inlet and the 2 outlets.

The aim was to create a design that could give rise to physiological stresses. Stresses of

approximately 1 Pa are required to stimulate cells seeded on the surface of the cell hydrogel

mixture to mimic in-vivo values. The cross section of the lumen flow part of the bioreactor was

selected to be circular to mimic the shape of the Aorta. However one edge was kept flat to avoid

issues with evenly pipetting cells and hydrogels onto curved surfaces as shown in Figure 6.8. An

important factor to consider is that the viscosity of blood is approximately one order of magnitude

larger than that of cell culture medium, the fluid for the bioreactor. It therefore follows that to

obtain the same values of shear stress through the bioreactor, faster flow through a smaller channel

size is required. It is essential however, that maximum flow rates into the lumen remain in the

laminar flow regime in order to keep flows from becoming turbulent. A measure of the flow regime

in a circular cross section pipe is given by the Reynolds number:

Re =
ρuD

µ
, (6.5)

where ρ is the density of the fluid, D the diameter of the pipe, u the velocity and µ the viscosity.

Values of Re lower than 2000 indicate a laminar flow regime.

The lumen can be considered as standard flow in a pipe for which the velocity profile is known

and described by:

u(y) = 2umax(1−
y2

r2
), (6.6)

where umax is the centre-line velocity and r is the pipe radius.

From the stress tensor give in Equation 6.1, the expression for wall shear assuming symmetry

around the axis through the pipe, is given by:

τzx = µ
∂u

∂y
|y=D/2 (6.7)
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Figure 6.7: Schematic of the concept for the bioreactor. Flow through a lumen above the hydrogel
is used to stimulate a monolayer of ECs seeded on the top of the hydrogel VSMC mixture which is
set above a porous membrane. A second outlet is made underneath the hydrogel where a pressure
sink can be used to draw flow from the lumen down through the hydrogel cell mixture.

By combining the above 2 expressions shear on the wall of the lumen can also be given as:

τzx =
4Uµ

r
, (6.8)

where U is the mean velocity.

The diameter of the lumen was chosen to be 4 mm for which with an inlet average velocity of

0.4 m/s theoretical estimates of shear stress at the lumen wall are at 0.7 Pa with the Reynolds

number at 1792 and thus still in the laminar regime.

Since the hydrogel is composed of a solid phase surrounded by water, the hydrogel was modelled

as a porous medium. Therefore there were 2 distinct regions of flow in this computation as shown

in Figure 6.8. Laminar free flow in the lumen region and the flow region below the hydrogel and

porous medium flow within the hydrogel.

The COMSOL model was set up for a steady state solution assuming an incompressible fluid

and a no slip boundary condition at the interface of the fluid-wall interface. Continuity of pressure

and velocity is imposed at the boundary of the hydrogel and the lumen and the hydrogel and outlet

region. Fully developed parabolic flow was imposed at the lumen inlet with a mean velocity of 0.4

m/s. The outlet of the lumen was set at 0 gauge pressure and the outlet under the hydrogel was

set to -1000 Pa simulating a connected pump pulling the fluid through by means of a negative
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Figure 6.8: Figure showing the fluid domain for the bioreactor design. The regions above and
below the hydrogel is modelled using free flow whereas in the hydrogel region, porous media
flow is modelled. As before 2 outlets direct flow through the lumen to impart shear stresses to
cells seeded on top of the hydrogel with some flow drawn down through the hydrogel to generate
interstitial shears.
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pressure gradient. These values were arbitrarily chosen and can be altered to achieve the required

flow rates. The hydrogel permeability was set to 1.65×10−16m2 from the PTV permeability assay

in Chapter 3 for pressures of 600 mBar with this setup.

Results from the simulations are shown in Figure 6.9 and Table 6.1. With this design we were

able to achieve 2 directions of flow as shown in Panel A of Figure 6.9 in which flow streamlines

(red) show flow through the lumen and down into the hydrogel drawn by the negative pressure

gradient applied at the outlet. Luminal flow stimulates the hydrogel surface with shear stress as

shown in Panel B. This is where the EC layer would sit and therefore the simulations predict the

majority of cells would be exposed approximately to between 0.8-1.1 Pa for this inlet velocity, with

a small border under lower stress. The magnitude the luminal shear can be altered by changing

the inlet velocity as shown in Figure 6.10. Futhermore, the velocity field shown in Figure 6.9 Panel

B show the characteristic parabolic flow profile found in pipes with the fastest velocities in the

pipe centre.

The interstitial flow is controlled by altering the outlet pressure. The average velocity inside

the hydrogel is computed at the hydrogel centre. Average values are given for different outlet

pressure in Table 6.1. Importantly shear and interstitial velocities can be independently tuned as

average velocity in the hydrogel did not change for changing inlet velocity at fixed outlet pressure.

Applied Pressure at Outlet 2 Mean Velocity
[Pa] [m/s]
-2000 1.86×10−7

-1000 9.30×10−8

-500 4.66×10−8

-200 1.88×10−8

-100 9.55×10−9

Table 6.1: Table showing mean velocity values in the hydrogel centre values obtained using COM-
SOL for different applied pressures across the hydrogel.

6.3.3 Model validation

Simulation Results are Shown to be Mesh Independent

The way in which the mesh is constructed for CFD simulations can greatly affect the accuracy and

precision of the results achievable and can therefore incorrectly bias results. In general the finer

the mesh the more accurate a result should be, however this is dependent on the distribution and

shape of mesh elements relative to that of the domain over which you wish to resolve. Furthermore

the more elements included in the mesh, the more intensive the computations are and therefore it

is a balancing act of creating a mesh with enough elements to capture the result and being efficient
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Figure 6.9: Figure showing the results obtained from the COMSOL simulations of flow in the
bioreactor. In A flow streamlines are shown in red. Black arrows represent the direction of the
velocity vector field but are not drawn to scale for clarity due to the comparatively small velocity
magnitudes in the hydrogel compared to the lumen. In B, a heat map of the shear stress on the
surface of the hydrogel. Black arrows show the velocity vector field and in this Panel, arrow size
depicts velocity magnitude.

Figure 6.10: Figure showing heat maps of shear stress on the surface of the hydrogel for different
inlet average velocity conditions.
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with how many are actually needed. When making a mesh it is important to consider the location

of the results of interest. Finer elements or boundary refinements can be implemented in these

regions and areas of less importance far away from regions of interest can have coarser elements

thereby removing the need to resolve to the same precision everywhere and reducing computation

time. It is extremely important to ensure that the mesh construction does not artificially impact

the results of the simulation. This is achieved my conducting a mesh independence study where

by the elements in a mesh are made progressively smaller and a value of interest is recorded to

ensure that as the mesh becomes finer the results converge to a solution.

A free tetrahedral mesh with a 3 layer boundary refinement on domain edges was used. The

average size of the elements was altered by prescribing the maximum element size in the mesh

applied to all domains. A point velocity in the centre of the hydrogel and the centre of the surface

were taken as markers of convergence and their values were recorded as the element number was

increased from 4539 to 509325 elements. The results are shown in Panel A of Figure 6.11 and show

the mesh to converge on values for both velocities and hence suitable to obtain stable solutions.

Comparison to Expected Theoretical Results Show Simulations to Give Accurate

Results

In order to validate the simulations, results were compared to those obtained using analytical

expressions where possible. For this validation step, the lumen and interstitial flows are considered

separately. The lumen can be considered as standard flow in a pipe. Panel B in Figure 6.11 shows

that the expected parabolic velocity profiles for flow in a pipe were obtained and that the COMSOL

results match closely to theoretical ones.

For the interstitial flow, equations describing flow through a porous medium were used. The

Darcy’s law describes this given as:

U = −k

µ
∆p (6.9)

where ∆p is the pressure drop across the hydrogel. If we assume the flow to be uni-directional

through down the hydrogel, the predicted mean velocities in the z direction can be compared

to those obtained in COMSOL for different pressure drops imposed across the hydrogel, ie the

pressure differential between the lumen inlet and outlet 2.

Mean velocities through the hydrogel in COMSOL were recorded at the hydrogel centre-point

and compared to values predicted by theory for different pressure drops as shown in Table 6.2.

The results show that COMSOL predicts values within 3% of theoretical estimates.
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Figure 6.11: Figure showing validation of simulation results. In A the results of the Mesh indepen-
dence study are shown displaying velocity values as element size is increased. In B a comparison
between the theoretical parabolic flow profile through a pipe and that achieved in the lumen of
the bioreactor.

COMSOL Analytical Solution
Applied Pressure at Outlet 2 Mean Velocity Mean Velocity Percentage Difference

[Pa] [m/s] [m/s] in Velocities
-2000 1.86×10−7 1.85×10−7 0.15
-1000 9.30×10−8 9.27×10−8 0.30
-500 4.66×10−8 4.63×10−8 0.61
-200 1.88×10−8 1.85×10−8 1.52
-100 9.55×10−9 9.27×10−9 3.04

Table 6.2: Table showing the comparison and percentage difference for mean velocity values in
the centre of the hydrogel predicted using Darcy’s law and values obtained using COMSOL for
different applied pressures across the hydrogel.
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6.3.4 Prototype Model

Figure 6.12 shows a potential prototype design for the bioreactor. The design is in 3 parts which

allows the hydrogel to be formed in a tray which can be easily removed for downstream analysis.

The lumen is long enough to ensure that flow entering has time to become fully developped over

the hydrogel. Inlet and outlets can be connected to tubing and then to pumps and reservoirs

as needed. The whole system could be bolted together. Depending on manufacturing cost, the

hydrogel tray could be disposable to help with sterility.
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Figure 6.12: Figure showing a potential prototype design of the bioreactor design in Panel A and
a cross-section in Panel B. The design is in 3 separate layers bolted together which allow for easy
removal of the hydrogel tray.

6.4 Discussion

In this chapter the aim was to setup a suitable flow system to stimulate encapsulated cells with

interstitial flow. VSMCs were cultured for 7 days under flow and were seen to align parallel to

the flow direction indicating cells respond to interstitial cues. Some cells became elongated in the

flow direction, but on average, the circularity of the cells was greater compared to that of cells

in static culture. This may possibly indicate that cells are producing fewer MMPs under flow

and are thus not destroying the matrix and spreading as much as in static conditions. Indeed

their rounder morphology is akin to that seen when encapsulating cells in hydrogels with fewer

degradable cross-links as shown in Chapter 5.

These preliminary results show this system to be suitable for future experiments exploring the

impact of these flow on cell behaviours as is discussed in the planning of future work in Chapter 7.

Stresses are complex variables which depend on the rate of change of flow through the matrix as well

as the fluid properties itself. Differences in our model such as hydrogel microstructure compared to

ECM or indeed that we stimulate our cells with culture medium in place of non-newtonian blood

mean we cannot recapitulate these factors from the in-vivo environment individually. However, we

aim to recapitulate the resultant forces on these cells by modulating flows to give rise to relevant

levels of shear within the confines of our model.

Estimates of the velocities through the hydrogel for the applied pressures in our experiments
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are on the order of 10−5 cm/s, close to estimates for interstitial flow velocities through the aortic

wall [Wang and Tarbell, 1995]. Wang et al developped a model to estimate levels of shear stress

on VSMCs embedded in the vascular wall by modelling the arterial wall as an array of cells in

a fibre matrix. Cells are modelled as impermeable and are arranged in an idealised square array

surrounded by an even “grid” of matrix. Estimates of shear stress are made my considering the

direction of flow on the cell boundary and are given by:

τ =
BµQ

A√
k

, (6.10)

where B is a constant with value 4/π or 3/π depending in whether cells are treated as cylinders

or spheres, µ viscosity in Pa·s, Q is the volumetric flow rate in m3/s, A is the surface area in m2 and

κ is the Darcy permeability in m2. Indeed the Tarbell group apply these estimates to their own flow

experiments on VSMCs and Fibroblasts embedded in collagen hydrogels [Wang and Tarbell, 2000,

Shi et al., 2009]. For the values of pressure and permeability in our experiments we estimate

from these equations that the shear acting on embedded cells are approximately 0.04 Pa, close to

physiologically relevant levels of 0.1 Pa as estimated by Wang et al [Wang and Tarbell, 1995]. One

limitation in our estimates using this method is that permeability values were obtained without

including cells within the hydrogel and these likely have a significant impact on the permeability

of the material as a whole. Plans to improve on these are presented in the future work section

in Chapter 7. Furthermore, we assume that the pressure drop across the hydrogel is that applied

with the pump but the system does not yet include a pressure gauge across the hydrogel to more

precisely determine the true pressure drop. Indeed we have neglected the resistance contribution

of the connecting pipes but given its relatively low permeability, we hypothesise that the resistance

of the hydrogel itself far outweighs that of the tubing. In the future, a gauge or flow rate sensor

could be used to improve on this.

Whilst these estimates are useful they are derived from highly simplified models of the wall.

To obtain this relation between pressure and shear Wang et al greatly simplify the microstruc-

ture vascular matrix. Furthermore, they assume cells to be evenly distributed but in-vivo the

density of VSMCs depends on artery type and location in the wall. Indeed in-vivo VSMCs form

confluent sheets in the media with spaces between layers. Thus the cell volume fraction used

in these models is likely underestimated and may result in an underestimation of the levels of

shear [Wang and Tarbell, 1995]. Indeed these are estimates based on bulk material properties but

the specific microstructure of each matrix will heavily influence the stress felt by cells. Using

average velocities and flow rates to calculate shear over simplifies more complex flow patterns

within the ECM which also in turn give non-uniform shear stresses. In [Pedersen et al., 2007],

flow through idealised matrices are simulated using CFD in place of analytical relations as in

[Wang and Tarbell, 1995]. The authors show that fiber diameter and spacing strongly affect the
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flow around cells and indeed estimates of peak shear stresses using CFD are higher than predictions

using Brinkman equations using the average matrix properties. In short, bulk permeability does

not have the resolution to capture the full shear variation at the single cell scale. The authors fur-

ther predict however that discrepancies between analytical and numerical estimates may be lower

in the case of matrices with permeabilities lower than 10−18 m2 where continuum approximations

with bulk properties may be more accurate [Pedersen et al., 2007]. With enough resolution of the

matrix microstructure and the position of cells within it, CFD may yield more accurate estimates

of shear. However as previously mentioned obtaining high detailed images of hydrogel microstruc-

ture is not simple. Furthermore, these models cannot be validated experimentally as shear cannot

be measured.

Given the dependency of shear on so many factors and difficulties in characterising these

properties we are likely only ever to achieve estimates of varying accuracy. In our hydrogel system,

we as of yet do not have enough resolution on the matrix microstructure to improve upon estimates

using the analytical relations presented in [Wang and Tarbell, 1995], although ideas on how we

might obtain these are discussed in the future work presented in Chapter 7. Furthermore, shear

stresses are likely to vary significantly in-vivo with vessel position or even between tissue samples

given the variation in tissue microstructure and interstitial pressures. This means truly defining

physiological shear may not only be hampered by inability to make direct measurements but also

by tissue variability. Nonetheless, estimating shear levels proves useful to obtain rough estimates

of the order of magnitude of forces we are exposing cells to and to decide on flow pressures to

apply or compare between samples.

The setup described so far can only be used to impart interstitial shears on embedded cells

within the hydrogel. As described in [Lust et al., 2021b] in Chapter 1, vessel maintenance is

regulated by inter-cellular communications between different vascular cells and fluid stimulation

both lumininally and interstitially. It stands to reason that a complete disease model requires

the need to include all of these factors. Particularly, understanding the relative contributions of

luminal and interstitial shear stresses in aberrant ECM remodelling for aneurysms may prove key

in determining which blood flow characteristics are most important for risk of aneurysm. To this

end, we present a potential novel bioreactor design which could be used to interrogate the relative

contribution of these mechanical forces as well as including the intercommunication between ECs

and VSMCs. The top of hydrogels with embedded VSMCs can be seeded with monlayers of ECs

in the bioreactor. The lumen can then be used to stimulate these ECs with shear stress whilst

a negative pressure gradient under the hydrogel draws flow interstitially through the hydrogel to

stimulate VSMCs. Importantly we demonstrated with our simulations that we can independently

control the magnitude of luminal shear and interstitial shear by controlling the inlet velocities and

outlet pressure. Results of our simulations were validated using analytical predictions and we are

able to show the results are mesh independent.
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At this stage, all the work is theoretical and we have not manufactured the design to test in

the lab. Manufacturing a device to this precision on this scale is not trivial and may indeed be the

more complex part of the task. The complex geometry may prevent the use of certain techniques

like machining and most likely, high tolerance 3D printing is the best approach to make these

components. Different materials need to be tested for this purpose and the components need to

fit together well enough for the system to seal under high pressures. Setting up a system with

a commercial chip required optimisation and thus with a custom design this process should not

be underestimated. However, we have at least shown the early stages of achieving such as design

with the view of creating more complex vascular in-vitro models in the future.
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6.5 Conclusion

Preliminary results in this chapter show we have a suitable microfluidics setup for interrogating

the role of interstitial flow on embedded VSCMs behaviour. We demonstrated that cells embedded

in the hydrogel can be cultured under flow for 7 days and respond to fluid forces by aligning in the

direction of flow. Whilst this data is only preliminary at this stage, the system is now optimised

to be used for future experiments as discussed later in Chapter 7. Furthermore in this chapter we

present a potential design to create more relevant in-vitro models in the future. In summary:

• Cells can be cultured under flow and stimulated with approximately 0.04 Pa of interstitial

shear

• Cells remain rounder in flow versus static conditions

• Cells under flow align to the direction of fluid travel

• CFD simulations have been used to validate a potential novel bioreactor design to introduce

both luminal and interstitial shear to vascular cells

• The results from these simulations have been validated against theory and are mesh inde-

pendent

• Luminal and intersitital shear can be in theory independently controlled in this system

At this stage in this thesis we have demonstrated that we have a biomaterial which can be

used to study human primary cell matrix interactions in 3D and a system with which to stimulate

these cultures with flow. In the next chapter we present the future experiments we propose to

build on this work in the aim of understanding the role of flow in aneurysm development.
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Chapter 7

Discussion

The goal of this PhD project was to develop a novel reductionist model to study vascular cell

ECM interactions in the presence of flow. This was achieved by combining a synthetic PEG-

peptide hydrogel system encapsulating cultures of primary cells with microfluidics. The methods

were devised using experimental data enhanced with predictive models. This was a new project

conceived during the MRes rotation year of the MRC DTP program. My first rotation was in

Prof. Lamata’s group analysing patient 4D MRI data. We looked at abnormal flow patterns

and assessed these for characteristics which could be used to improve on current clinical disease

markers. My final rotation was in the Gentleman lab studying the impact of hydrogel properties

on stem cell behaviours. Specifically we were looking to combine biological data with models of the

hydrogel microstructure using molecular dynamics. With these projects I realised fluid dynamics

of the diseased vascular system was my area of interest but that I wanted to focus on the cellular

scale. Particularly I wanted to look at what prompts the structural changes in the blood vessel

we see in disease by trying to understand how the cells remodel their environment. To attempt

this we setup a new collaboration between the 2 groups, combining the expertise of Prof. Lamata

in cardiac imaging and disease markers with those of Prof. Gentleman in cell matrix interactions

and biomaterials. As a starting point we had 4D MRI data predicting abnormal fluid stresses in

patients with aneurysms and the PEG-peptide hydrogel system which had successfully been used

in other disease models where ECM remodelling is a key component. Therefore this was a new

in-vitro model of vascular disease and the majority of our efforts in this thesis have been spent

optimising techniques to develop the platform. Indeed, this project was highly ambitious and we

faced a number of challenges. After the first year of experiments we reduced the scope of the work

by focusing on the interstitial flow stimulation of VSMCs specifically with the goal of extending

the model down the line to include more factors as discussed in the future work section. As

previously highlighted there is both a paucity of vascular in-vitro models in 3D cultures and focus

on interstitial wall flow in the literature and so this became our area of focus. Our more specific

aim was then to develop a platform to stimulate 3D cultures of primary cells with interstitial flow
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mimicking that in the vessel wall.

In order to address this aim we have demonstrated that primary VSMCs can be cultured

in the PEG-peptide hydrogel which they can actively remodel and lay new matrix within. We

have also demonstrated that these cells can be cultured under flow in 3D and that they respond

to the resultant stresses by aligning in the direction of flow. These flows have also been shown

to approximate physiological estimates. Furthermore we have demonstrated that this platform

allows for standard techniques for downstream analysis such as immunofluorescence staining. We

have therefore developed a suitable platform to study the impact of interstitial flow on VSMC

ECM remodelling and addressed the majority of the goals laid out for this thesis. Although we

have made substantial progress in this model there are a number of limitations which need to be

addressed in the future as is outlined in the next section.

7.1 Model Limitations

In our review paper in Chapter 1 we lay out the main considerations for designing 3D models

to study vascular disease in-vitro. We address 3 main areas: choice of biomaterials, cellular

arrangement and inclusion of mechanical cues [Lust et al., 2021b]. We are now able appraise our

own model against these criteria.

We opted for a fully synthetic PEG based hydrogel system incorporating bio-active peptides to

render the matrix hospitable to cells. Whilst this allowed us to tightly and independently control

key hydrogel characteristics such as stiffness or degradability, the synthetic material presents a

much simpler bio-chemical environment to cells compared to tissue. Indeed material choices such as

Matrigel and other naturally derived hydrogels offer a greater diversity of proteins to encapsulated

cells. Furthermore, the microstructure of our synthetic system is made up of short range cross-

links which are likely different to the longer range bonds seen in hydrogels such as collagen and

we saw this reflected in the comparatively low permeability to flow of our material.

The “regularity” we create in our hydrogel is useful for tightly controlling our experimental

variables however it pulls away from the natural defects and variability seen in tissue. Certainly in

our model, we prioritised the ability to modulate hydrogel properties over recapitulating the full

complexity of the native tissue. The main justification of this decision was that we wanted to study

the specific impact of mechano-stimulation from flow and thus we needed to keep the other me-

chanical cues in the model fixed. Furthermore, decreased variability within the system allows more

representative models to be made as these rely on bulk characteristics of the material which may

be more accurately captured in a synthetic system. Finally, in our system we show the material is

able to withstand relatively high pressure flows without breaking and this material strength is not

as easily achieved in naturally derived hydrogels [Weinberg and Bell, 1986, Berglund et al., 2003].

The major limitation in our work however is that we did not assess the impact of this synthetic
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environment on cell behaviour. Most notably, ECM proteins are a driver of VSMC phenotype

and may drive a more synthetic or contractile state in these cells. Thus we have not assessed our

baseline model for how well it recapitulates the healthy contractile like state of VSMCs. Whilst

significant challenges exist in achieving contractility in any isolated primary VSMCs, it would be

useful to assess this in our system to understand how it compares to in other materials. More

specifically this may help to make improvements down the line by incorporating different peptide

motifs as is addressed in the future work section.

Importantly, we can only exercise control over the initial environment in which the cells reside.

Our data has highlighted the ability of encapsulated cells to remodel their environment and thus,

properties of the material such as stiffness and protein makeup will vary with time as PEG is

gradually replaced by nascent proteins. Indeed, we aim to create an environment which most

easily facilitates cell-mediated changes to encourage remodelling and thus it may make more sense

to track cell phenotype changes over time instead of comparing the baseline model to in-vivo

tissue.

In our model, we focused solely on VSMC-ECM interactions. VSMCs are largely accepted

to be primarily responsible for ECM regulation in the vessel wall with pathological remod-

elling seen in aneurysm attributed to changes in their phenotype and or apoptosis of these

cells [Losenno et al., 2012, Fedak et al., 2002, Wilson et al., 2006, Davis et al., 1998]. Further-

more, these are the cells exposed to interstitial stresses and thus the main focus of our experiments.

Whilst undoubtedly VSMCs play a central role in aortic disease, there are a myriad of factors that

contribute and our model is limited by their exclusion.

As discussed in Chapter 1, in the first instance, ECs are known to regulate VSMC pro-

liferation, quiescence, morphology, and by extension are involved in healthy vasodilation

and or disease progression [Battiston et al., 2014, Ganesan et al., 2017, Xia et al., 2012,

Nam et al., 2011, Nackman et al., 1996, Truskey, 2010, van Buul-Wortelboer et al., 1986,

Ziegler et al., 1995, Wang et al., 2007, Powell et al., 1996, Powell et al., 1998]. ECs com-

municate with VSMCs both through cell-cell junctions and by secreted molecules and

therefore including this interaction relies on correctly positioning ECs within the model

[Hirase and Node, 2012, Bazzoni and Dejana, 2004]. In Chapter 6, we proposed to include ECs

by seeding a monolayer on top of the 3D culture of VSMCs. With this method, we would need

to ensure a confluent monolayer is formed by the ECs with enough proximity to the VSMCs to

form inter-cellular junctions and mass transport to the VSMCs of secreted molecules.

Another much less studied factor, is the importance of Fibroblasts (FBs) in disease. These

cells make up the majority of the adventitia and changes in this layer have been historically

overlooked compared to the intima and media [Mackay et al., 2022, Coen et al., 2011]. The ex-

act role of FBs is not fully understood however much like with the media, a phenotype change
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in these cells associated with subsequent ECM remodelling is observed during aneurysm devel-

opment [Shen et al., 2020, Niestrawska et al., 2019, Coen et al., 2011, Sakata et al., 2007]. FBs

are seen to differentiate into a myofibroblast state characterised by increased contractility, mi-

gration, proliferation, and production of cytokine and chemokines [Haurani and Pagano, 2007,

Coen et al., 2011, Suh et al., 2011, Jones et al., 2009, Tinajero and Gotlieb, 2020]. This results in

aberrant remodelling of the adventitia layer with increased collagen deposition [Han et al., 2018,

Coen et al., 2011]. Considering the often reduced integrity of the medial layer in aneurysms, this

poses a further strain on the adventitia layer which then bears more of the haemodynamic load

[Mackay et al., 2022, Jones et al., 2009]. Furthermore, myofibroblasts are seen to infiltrate the

media and intima layer [Tinajero and Gotlieb, 2020, Coen et al., 2011, Han et al., 2018].

Indeed whilst delineation between the FBs and VSCM cell populations is largely classified

by the distinct structural layers of the wall, the boundary between these cell types in disease is

blurred. When vascular cells de-differentiate, overlap between activated FBs and VSMC phenotype

is observed [Tinajero and Gotlieb, 2020, Yap et al., 2021]. Defining the exact phenotype of these

cells is complex but with the aid of techniques such as RNA-seq, further distinctions between

sub populations of de-differentiated cells is possible, highlighting the overlap between different

vascular cells [Tinajero and Gotlieb, 2020, Yap et al., 2021]. In short, including FBs into the

model to understand their contribution to the overall changes in vascular ECM may be key in

understanding aneurysm development.

Another important factor in aneurysm development is the presence of immune cells. Indeed

regardless of the stimulus which initiates the structural changes in the vessel wall, chronic trans-

mural inflammation is a key marker of disease [Thompson et al., 2002]. Although inflammation

is predominantly associated with abdominal aneurysms, including immune cells may be useful

to extend the scope of our model. Furthermore, the role of inflammation in thoracic aneurysms

is not well understood and therefore may still be an important factor to model. In aneurysm,

immune cells predominantly infiltrate the media and adventitia [Thompson et al., 2002]. Cells

can either be recruited or resident, with the healthy aventitia hosting a small population of

macrophages, dendritic cells, T cells and B cells [Tinajero and Gotlieb, 2020, Galkina et al., 2006,

Jongstra-Bilen et al., 2006]. These immune cells are known to secrete matrix degrading enzymes

and thus mediate ECM remodelling [Rateri et al., 2011, Rizas et al., 2009]. The immune cells

themselves are a source of MMPs but also release cytokines such as interleukin (IL)-6, MCP-1, os-

teopontin, whose release recruits even more immune cells creating a feedback loop [Curci et al., 1998,

McCormick et al., 2007]. Importantly, this can also lead to activation of cell death pathways in

VSMCs which not only reduces the amount of new ECM protein synthesised but dying VSMCs

are also known to release MMPs [McCormick et al., 2007]. Thus immune cells are an integral part

of mediating ECM breakdown and potential changes in their activation or recruitment in response

to flow cues needs to be considered.

144



Finally, in our current model we mechanically stimulate cells only with the stiffness of the

matrix around them and interstitial flow. Aside from viability studies, we fixed the hydrogel

stiffness at the value which yielded highest cell survival and thus did not explore the impact of

stiffness on cell behaviour. As previously highlighted the blood vessel wall is mechanically complex

with cyclic strain from pulsatile arterial flow stimulating cells with compressive stresses as well

as luminal and interstitial shear [Hahn and Schwartz, 2009, Lehoux and Tedgui, 2003, Ku, 1997].

These forces impact all the different layers of the vascular wall and therefore may need to be

included in a model with multiple cells types exploring inter-cellular interactions. Incorporating

lumen flow into the model may be possible using a more complex bioreactor design as highlighted

in Chapter 6. Furthermore, specialised pumps for cardiac research can deliver pulsatile flows based

on the cardiac cycle which could then be used to make this luminal flow closer to the physiological

regime.

The question arises then, can our model without all these factors, truly capture VSMC-ECM

interactions in response to interstitial flow? Undoubtedly VSMC-ECM interactions are dependent

on the whole feedback loop of mechanical forces, matrix and inter-cellular interactions and to build

a more complete aneurysm model our current setup is too simplified. However our reductionist

approach is important to first isolate the role, if any, of interstitial flow in VSMC-ECM remodelling.

To the best of our knowledge, this is the first 3D model of human VSMCs combining synthetic

hydrogels with flow. We hope with the model we have implemented, experiments will show that

interstitial flow is an important mediator of aberrant ECM remodeling. Whilst elucidating the

true impact it has may require the inclusion of more factors into the model, we hope to be able to

highlight that it is an important consideration that should not be ignored in the understanding of

disease progression.
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7.2 Future Work

The majority of the work in this thesis has been focused on optimising the setup and so the next

stages of work are the experiments which would allow us to test our hypothesis on the role of

interstitial flow.

The first experiment would be to pass flow through cultures of the primary human cells we

demonstrated produced new ECM within the static hydrogel cultures. By running side by side

flow and static controls we would then be able to quantify the area covered by different ECM

proteins and thus the impact of fluid stresses on cell matrix synthesis. Thus far we have stained

for collagen-1, 4 and fibronectin but we could expand the list of proteins we stain for. Another

approach could be to use fluorescent non-canonical amino acid tagging (FUNCAT) assay in which

all newly synthesised protein is fluorescently tagged and thus this would allow us to visualise the

overall changes in protein synthesis without needing to specifically target the right proteins. The

assay could also be used to assess the impact of the hydrogel and of flow on VSMC phenotype by

staining for markers of contractility in different conditions.

Furthermore, at this stage we have only tested the end stage of protein synthesis but it may

be possible to measure transcriptional changes at an earlier stage by running genomic assays

such as qPCR, looking at regulation of matrix related genes. Indeed we have already demon-

strated that we are able to extract high quality RNA from encapsulated cells. Similarly to

with FUNCAT staining, this could be extended to RNAseq analysis to compare the full spec-

trum of transcriptional changes. Indeed Chou et al have recently performed single nuclear RNA

seq analysis on 13 samples from human donors, 6 with thoracic aortic aneurysm, and 7 healthy

[Chou et al., 2022]. They identified 11 cell types with 7 VSMC and 6 FB sub-populations. Inter-

estingly, the majority of deferentially expressed genes were in the VSMC population and include:

HDAC9 (histone deactylase 9) which is known to regulate the expression of contractile VSMC

proteins [Lino Cardenas et al., 2018], ACTN 4 a gene encoding for α-actinin involved in cell con-

tractility and KLF4 (Krüppel-like factor 4) encoding for a transcription factor important in regu-

lating VSMC phenotype [Yap et al., 2021]. TGFβ2 and TGFβR3 were also differentially expressed

with these genes, part of the TGFβ cascade associated with governing the contractile function

of VSMCs [Lino Cardenas et al., 2018, Chou et al., 2022]. Furthermore LM 07 and LTPB1 were

upregulated in aneurysm, the former involved in the regulation of TGFβ expression in VSMCs

[Xie et al., 2019] and the later encoding for a protein which is known to bind with TGFβ isoforms

[Pottie et al., 2021]. Importantly, TGFβ signalling has been implicated in matrix destruction in

aortic aneurysm, affecting cell proliferation, differentiation, apoptosis, recruitment of inflammatory

cells and synthesis of matrix proteins [Holm et al., 2011, Biros et al., 2012, Wang et al., 2013].

Disrupted TGFβ signalling has also been implicated specifically in flow induced vascular re-

modeling [Gao et al., 2014]. Furthermore, fluid stresses are known to activate the TGFβ pathway
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in ECs [Egorova et al., 2009, Ohno et al., 1995] which in turn regulates VSMC behaviour. Not

only that, but shear induced TGFβ is also know to affect VSMC proliferation and differentiation

into myofibroblast like state [Qiu et al., 2014]. With this published RNA-seq data set we may be

able to compare our own gene analysis in flow conditions to see if any of these aneurysm associated

gene expression changes are seen under flow.

All flow experiments so far have all been under a pressure of 600 mBar. A possible extension to

this work would be to test flows of different pressures to try and identify a threshold of stimulation

needed to invoke a change or if indeed the degree of ECM synthesis change is proportional to the

degree of shear.

Whilst we have proposed plans to extend our model to include monolayers of ECs, in the

immediate short term, we could either use media from cultured ECs or else include them in a

direct co-culture with the VSMCs in the hydrogel. ECs could be cultured under luminal flow with

the same device we currently have and thus stimulated with luminal shear. The endothelial cell

conditioned medium could be collected and then used in the interstitial flow model to expose the

VSMCs to any EC secreted molecules in the medium as in [Stegemann and Nerem, 2003]. In this

study EC conditioned medium was used to culture both 2D and 3D rat aortic SMCs. The authors

observed that the VSMCs expressed lower levels of contractile markers in the conditioned media

however acknowledge that this may be due to the fact that ECs were cultured statically and that

treating them with shear may alter the effect of the conditioned media. An assay which would

allow EC-VSMC contact would be a mixed co-culture of the 2 cell types within the same hydrogel

however, both cell types would then be indiscriminately treated with interstitial shear and the

ECs would not be able to form a confluent layer.

Finally experimentally, an important extension to our model would be to include aneurysm

patient cells to understand whether genetic mutations affect the way in which VSMCs respond to

flow. To this end we have identified a potential collaboration with a vascular surgeon Prof. Yeung

at Amsterdam University Medical Centers. Prof Yeung has access to healthy and patient primary

VSCM cells as well as a protocol to differentiate “VSMC like” cells from dermal fibroblasts. We

are working towards setting up this collaboration.

The ultimate aim of this work was to develop an in-vitro model of cell-matrix interactions

underpinned by predictive mathematical models. There are essentially 3 main mechanisms un-

derpinning matrix changes, mass transport of molecules through the hydrogel, cellular breakdown

of the cross-links and synthesis of newly laid proteins. To build a predictive mathematical model

of matrix properties, all of these factors need to be modelled taking into consideration changes

in the parameters describing the material properties as they occur. For example, as the hydrogel

breaks down, parameters such as material diffusivity change as a function of the number of cross-

links broken down. With our work presented in Chapter 4, we have successfully modelled mass
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transport through the hydrogels using experimental data to parameterise the governing equations.

The next steps are to try and model ECM breakdown and eventually include the presence of new

matrix in the models. Parameterising models to describe these behaviours would be extremely

challenging as we may not be able to single out these effects with individual experiments as easily

as we were able to looking just at diffusion. Indeed, cells likely degrade and synthesise matrix in

concert and so isolating a particular interaction is difficult. However, we may be able to improve

on some of our assays to readout hydrogel changes to include continuous measurements which

might allow us to determine bulk parameters for our models. For example, continuously tracking

permeability changes in the hydrogel may serve to predict the rate of breakdown by cells of the

matrix and eventually the increase in path tortuosity for the flow as new matrix is synthesised.

However this would likely rely on obtaining highly precise readouts and this is discussed further

in the following section.

All of our modelling so far has been using partial differential equations, treating the hydrogel

as a bulk material. A different modelling approach which may be useful would be to model on the

individual PEG monomer scale using techniques such as molecular dynamics. Indeed we used this

approach in [Jowett et al., 2021] to predict the rate of cross-linking bonds in 2 different hydrogel

designs. This type of modelling may be used to predict the hydrogel microstructure which could

be used then to make more accurate estimates of the fluid stresses acting on cells. This work would

need to be conducted along side experimental techniques to visualise the hydrogel microstructure

as discussed in Chapter 3.

7.2.1 Ongoing Collaborations

Throughout this project we have had the opportunity of wonderful collaborations without which

this project would not have been possible. Some of the experiments we have conducted with

collaborators could also be extended to enhance our model.

The MEMS assay that we used to determine hydrogel permeability in collaboration with Dr

Cacheux and Professor Matsunaga at the University of Tokyo allowed us to make precise mea-

surements by continuously measuring pressure increases due to flow through the hydrogel. The

first extension to this work would be to repeat the assay and include cells in the hydrogels to

see how these change the overall permeability of the matrix. However, the MEMS system also

allows for long-term tracking of the permeability and the pressure gauge can be placed in the cell

culture incubator. We therefore propose to use permeability as a readout of cell-mediated ECM

remodelling. We will assemble our models and measure, in real time, changes in permeability

as cells modulate their surrounding matrix in response to interstitial fluid shear. If we are able

to measure small enough changes in permeability we may be able to infer the full time scale of

matrix changes rather than only using endpoint samples. Furthermore, we may be able to detect
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changes in the hydrogel on a shorter time scale than we see newly synthesised proteins by staining.

We hypothesise that we may first see an increase in permeability as the hydrogel is broken down

before eventually seeing a decrease as new proteins are synthesised.

Our collaboration with M. Antonazzi in the Shanahan group at KCL has been key for us

to develop techniques to interrogate ECM synthesis in the hydrogels and to be able to include

primary human cells. Whilst our emphasis is on aneurysms, we may be able to use the platform for

investigating their groups area of interests as well. In particular, M. Antonazzi’s work focuses on

vascular dementia and understanding whether the transport of Amyloid Beta, the main component

of the amyloid plaques found in the brains of people with Alzheimer’s disease, is altered in aging

tissue. In short he hypothesises that with age, vascular ECM is altered and thus movement

of Amyloid Beta proteins in the tissue is slowed leading to an accumulation. To test this, M.

Antonazzi uses both senescent VSMCs and young ones to compare the ECM they synthesise.

With the work we have conducted on mass transport within our hydrogels combined with the flow

setup, we potentially have a powerful platform with which to test this hypothesis. By allowing

embedded cells to lay down their own matrix, we could then introduce Amyloid Beta proteins into

the flow media to observe if transport through the hydrogel is altered when using senescent cells.

Although the context for our work was aortic aneurysms, the platform we have made may

be used to try and model many different vascular diseases. One of the goals of this PhD was to

develop an assay which could be of broader use in the future and we are very grateful to all our

collaborators and colleagues who have given us ideas of how we could put this work to best use in

the future!
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Chapter 8

Conclusion

In this thesis we have presented a reductionist in-vitro model with which to study vascular cell-

ECM interactions in 3D in the presence of fluid stresses. In particular we have concerned ourselves

with developing a platform to interrogate the role of interstitial fluid stresses on VSMC mediated

remodelling in the context of aortic aneurysms. We have combined a synthetic PEG-based hydro-

gel with cultures of both primary bovine and human VSMCs with a microfluidic setup. We have

characterised the diffusivity, degradability and permeability of the hydrogel. Once the material

had been suitably characterised we then determined the optimum hydrogel conditions in which to

encapsulate our cultures of VSMCs. With these data in hand, we were then able to demonstrate

that VSMCs are able to breakdown the hydrogel and lay down nascent proteins whilst encapsu-

lated. Finally we were able to show that these 3D cultures can then be stimulated with interstitial

flows to expose cells to fluid stresses.

This work addresses some of the current gaps in the literature by first considering vascular

cell-ECM interactions in 3D but also by including interstitial flows, a component of mechan-

otransduction of the blood vessel wall which historically has largely been overlooked. We have

combined both in-vitro and in-silico techniques in this work to try and augment our experimen-

tal findings as well as using them to parameterise predictive models. By further elucidating the

interaction of vascular cells with interstitial flow, we hope to understand whether haemodynamics

play a role in aneurysm development and ultimately whether abnormal blood flow can be used as

a stratification for disease risk. Of course there is still a long way to go to determine the impact

of fluid stresses in aberrant ECM remodelling but by combining understanding of their role with

techniques such as 4D MRI there is an opportunity to non-invasively diagnose patients.

Whilst the majority of the work in this thesis has been building and optimising the platform

we have gone some way to develop assays which can be used not only to interrogate our specific

biological hypotheses on aortic aneurysms but also for a broad spectrum of applications in vascular

disease. This type of reductionist in-vitro model is a powerful tool to elucidate some of the

mechanisms behind multi-factor disease progression. The ability to use human cells not only
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serves to reduce the number of animals used in research but also avoids inter-species variability

which can limit the applicability of animal in-vivo work. Furthermore, in-vitro models may be

combined with vascular cells differentiated from patient-derived induced pluripotent stem cells

(iPSCs) which offer obvious advantages in disease modelling, considering both the role of genetics

and external stimuli in disease. Ultimately we hope these types of models will help highlight

the relative impact of different contributors in disease and thus elucidate alternative therapeutic

targets.
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Chapter 9

Appendices

9.1 MATLAB Code Used to Calculate Hydrogel Quanti-

ties
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%Gel making calculator 
% Started by Suzie 21/11/18
 
%Variables nomenclature 
%--------------------------------------------------------------------------
 
%Gel Properties 
%------------------
%SC=Solid content [mg/ul]
%e=Margin extra for experiment
%V_e=End volume desired
%V_a=(1+e)*V_e actual volume for experiment
%Per_KDWERK=Percentage of KDWERK peptide 
%Per_CYAD=Percentage of CYAD peptide
%Per_DEG=Percentage of DEG peptide
%m_total=Total solid mass in desired amount of gel 
 
 
%Molecular masses 
%------------------
%M_PEG_NPC=Theoretical Molecular mass of 1 PEG4NPC [mg/mMol]
%M_KDWERC=Theoretical Molecular mass of 1 KDWERK sequence [g/mol]
%M_CYAD=Theoretical Molecular mass of 1 CYAD sequence [g/mol]
%M_DEG=Theoretical Molecular mass of 1 DEG sequence [g/mol]
%M_PEG_VS=Theoretical Molecular mass of 1 PEG4NPC [g/mMol]
%M_t_g_unit=Theoretical Molecular mass of 1 gel unit
%Pur_NPC=purity of NPC PEG
%Pur_VS=purity of VS PEG
%Pur_P_KDWERK=purity of KDWERK
%Pur_P_CYAD=purity of CYAD
%Pur_P_DEG=purity of DEG
 
%number of moles  [nMol]
%denonated by n_{previous naming}
 
%volume [ul]
%v_{previous naming}
 
 
%Gel properties
prompt = 'Please enter the concentration of gel: ';
SC=input(prompt);
 
prompt_1='What volume of gel do you want to make excluding extra margin: ';
v_e=input(prompt_1);
 
prompt_4='What size VS PEG do you want?: ';
T=input(prompt_4);
 
prompt_2= 'What percentage KDWERK do you want?: ';
Per_KDWERK=input(prompt_2);

prompt_3= 'What percentage CYAD do you want?: ';
Per_CYAD=input(prompt_3);
 
 prompt_4= 'What percentage DEG do you want?: ';
Per_DEG=input(prompt_4);
 
 



e=10/100;
%SC=2.5;
%v_e=30;
v_a=v_e*(1+e);
m_total=(SC/100)*v_e;
%Per_KDWERK=100;
%Per_CYAD=0;
%Per_DEG=0;
Pur_NPC=89/100;
 
if T==10
    Pur_VS=99.2/100;
else 
    Pur_VS=95.7/100;
end 
 
Per_total=Per_KDWERK+Per_CYAD+Per_DEG;
 
 
%Molar masses
M_PEG_NPC=10275;
M_KDWERK=876.972;
%M_CREWERC=1022.155;
M_CYAD=1848.952;
M_DEG=1872.033;
 
if T==10
M_PEG_VS=10275;
else 
        M_PEG_VS=20784;
    end
   
M_t_g=M_PEG_NPC+((Per_KDWERK*0.01)*4*M_KDWERK)+((Per_CYAD/100)*4*M_CYAD)+
((Per_DEG/100)*4*M_DEG)+M_PEG_VS;
 
 
%number of moles of each componant 
n_PEG_VS=m_total/M_t_g;
n_PEG_NPC=m_total/M_t_g;
n_peptide_KDWERK=(Per_KDWERK/100)*m_total/M_t_g;
n_peptide_CYAD=(Per_CYAD/100)*m_total/M_t_g;
n_peptide_DEG=(Per_DEG/100)*m_total/M_t_g;
 
 
%masses of each componant 
m_PEG_NPC=(n_PEG_NPC*M_PEG_NPC)*(1+e);
m_PEG_VS=(n_PEG_VS*M_PEG_VS/Pur_VS)*(1+e);
m_KDWERK=(n_peptide_KDWERK*4*M_KDWERK)*(1+e);
m_CYAD=(n_peptide_CYAD*4*M_CYAD)*(1+e);
m_DEG=(n_peptide_DEG*4*M_DEG)*(1+e);
m_conj_KDWERK=m_PEG_NPC+m_KDWERK;
m_conj_CYAD=m_PEG_NPC+m_CYAD;
m_conj_DEG=m_PEG_NPC+m_DEG;
 
 
 
%concentration in HEPES of each componant change these around until you get
%the left over volumes 
%as a starting point with 100% of one conj conc=0.03 works 50% 



%0.04
c_PEG_VS=0.04;
%c_PEG_VS=0.03015;
c_conj_KDWERK=0.005074061;
%c_conj_KDWERK=0.007290513;
%c_conj_DEG=0.015;
c_conj_DEG=0.015;
c_conj_CYAD=0.015;
 
 
 
 
%volume of HEPES for each componant
%Calculate the volume taken up from the conjugates and the VS and then say
%the remainder is eith00er for cells or for straight HEPES
v_PEG_VS=m_PEG_VS/c_PEG_VS;
v_conj_KDWERK=m_KDWERK/c_conj_KDWERK;
v_conj_CYAD=m_CYAD/c_conj_CYAD;
v_conj_DEG=m_DEG/c_conj_DEG;
v_cells=v_a-v_conj_KDWERK-v_conj_DEG-v_conj_CYAD-v_PEG_VS
 
 
filename=[datestr(now, 'yyyy-mm-dd’),’Experiment Title]
fid = fopen(filename,'wt');
fprintf(fid, 'You need %f mg of PEG_VS in %f ul of HEPES, giving a 
concentration of %f mg/ul\n',m_PEG_VS, v_PEG_VS, c_PEG_VS')
fprintf(fid,'You need %f mg of KDWERK conjugate in %f ul of HEPES, giving a 
concentration of %f mg/ul\n',m_KDWERK, v_conj_KDWERK, c_conj_KDWERK)
fprintf(fid,'You need %f mg of DEG conjugate in %f ul of HEPES, giving a 
concentration of %f mg/ul\n',m_DEG, v_conj_DEG, c_conj_DEG)
fprintf(fid,'You need %f mg of CYAD conjugate in %f ul of HEPES, giving a 
concentration of %f mg/ul\n',m_CYAD, v_conj_CYAD, c_conj_CYAD)
fprintf(fid,'This leaves you with %f ml of HEPES or cell suspension to 
add\n',v_cells)
fprintf(fid,'Total volume of gel made, EXCLUDING margin %f',v_e)
fclose(fid);
 
 
%Molar concentrations
mc_CYAD=(m_CYAD/M_CYAD)/(v_a/10^6)
mc_DEG=(m_DEG/M_DEG)/(v_a/10^6)
mc_KDWERK=(m_KDWERK/M_KDWERK)/(v_a/10^6)
 
 



9.2 MATLAB Code Used to Analyse Trackmate Results

for PVT
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%add path for FIJI scripts
 addpath('/Applications/Fiji.app/scripts')
close all 
clear all 
scaleT = true;
file_path_tracks ='2_5_per_p600-gel2_Tracks.xml';
clipZ = true;
tracks = importTrackMateTracks(file_path_tracks, clipZ, scaleT);
n_tracks = numel( tracks );
pressure=600; %mbar

for i=1:length(tracks)
   track{i}=tracks{i};
 
%exclude tracks that don't go length of recording
   if isequal(size(track{i}),[60,3])                     
   %find end data and start data 
  last=track{i}(1,:);
  first=track{i}(60,:);
  %subtract to get difference
  xdistance=last-first
  %Store all values in a matrix
  m(i,:) = [xdistance];
  
  %isolating x values from matrix 
  m2 = m(:, [2]);
  
  %excluding zeros from soltuion
  v = nonzeros(m2');
  Mean_x_velocity=mean(v)/60
  
  viscosity=8.9*10^-4; %[pa]
  path_length=1.7*10^-2; %m
  k=(Mean_x_velocity*0.000001*path_length*viscosity)/(pressure*100)
   else end
    
end 
 



9.3 Table Showing Details of Antibodies Used for Immunoflu-

orescence

Antibody name Manufacturer Catalogue Number

rabbit polyclonal
anti-TAGLN-SM22

Abcam ab 14106

rabbit monoclonal
anti-Calponin 1

Abcam ab 46794

mouse monoclonal anti-α
SMA

Sigma Aldrich A5228

donkey anti-rabbit Alexa
Fluor 488

Invitrogen A-21206

donkey anti-mouse Alexa
Fluor 555

Invitrogen A-31570

Alexa Fluor™ Plus 647
Phalloidin

Invitrogen A-30107

Mouse monoclonal
anti-Collagen I

Abcam ab 6308

Rabbit polycolonal anti
Fibronectin

Sigma Aldrich f3648

Rabbit polyclonal
anti-Collagen 4

Abcam ab 6586

Table 9.1: Table showing details of antibodies used for immunofluorescence.
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9.4 Results From Bioanlyser Analysis of RNA Extracted

from Cells Encapsulated PEG-peptide Hydrogels
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Instrument Name: DE13805253 Firmware:
Serial#:
Assay Information:

C.01.069
DE13805253

Instrument Information:

Assay Origin Path: C:\Program Files (x86)\Agilent\2100 bioanalyzer\2100
expert\assays\RNA\Eukaryote Total RNA Pico Series II.xsy

Assay Class:
Version:
Assay Comments:

Eukaryote Total RNA Pico
2.6
Total RNA Analysis pg sensitivity (Eukaryote)
 
© Copyright 2003 - 2009 Agilent Technologies, Inc.

Chip Information:

Chip Comments:

Type: G2939A

Chip Lot #:
Reagent Kit Lot #:

cell pelette 1:1000
RIN:10

jen gel 1
RIN: 8.80

jen gel 2
RIN: 8.30

22/07 gel 1
RIN: 8.80

22/07 gel 2
RIN: 9.20

22/07 gel 3
RIN: 9.60

2100 Expert (B.02.10.SI764) © Copyright 2003 - 2018 Agilent, Inc. Printed: 8/11/2021 11:41:05 AM

2100 expert_Eukaryote Total RNA Pico_DE13805253_2021-08-11_11-23-18.xad Page of1 12

Created:
Modified:

8/11/2021 11:23:18 AM
8/11/2021 11:39:12 AMData Path:

Eukaryote Total RNA Pico
C:\...Eukaryote Total RNA Pico_DE13805253_2021-08-11_11-23-18.xad

Assay Class:

Electrophoresis File Run Summary



Sample Name Sample
Comment

Stat
us

Result Label Result Color

cell pelette 1:1000 RIN:10
jen gel 1 RIN: 8.80
jen gel 2 RIN: 8.30
22/07 gel 1 RIN: 8.80
22/07 gel 2 RIN: 9.20
22/07 gel 3 RIN: 9.60
Sample 7
Sample 8
Sample 9
Sample 10
Sample 11
Ladder All Other

Samples

Chip Lot # Reagent Kit Lot #

Chip Comments :

2100 Expert (B.02.10.SI764) © Copyright 2003 - 2018 Agilent, Inc. Printed: 8/11/2021 11:41:05 AM

2100 expert_Eukaryote Total RNA Pico_DE13805253_2021-08-11_11-23-18.xad Page of2 12

Created:
Modified:

8/11/2021 11:23:18 AM
8/11/2021 11:39:12 AMData Path:

Eukaryote Total RNA Pico
C:\...Eukaryote Total RNA Pico_DE13805253_2021-08-11_11-23-18.xad

Assay Class:

Electrophoresis File Run Summary (Chip Summary) 



General Analysis Settings
Number of Available Sample and Ladder Wells (Max.) : 12
Minimum Visible Range [s] : 17
Maximum Visible Range [s] : 70
Start Analysis Time Range [s] : 18
End Analysis Time Range [s] : 69
Ladder Concentration [pg/µl] : 1000
Lower Marker Concentration [pg/µl] : 0
Upper Marker Concentration [pg/µl] : 0
Used Lower Marker for Quantitation
Standard Curve Fit is Logarithmic
Show Data Aligned to Lower Marker

Integrator Settings
Integration Start Time [s] : 18
Integration End Time [s] : 69
Slope Threshold : 0.6
Height Threshold [FU] : 0.5
Area Threshold : 0.2
Width Threshold [s] : 0.3
Baseline Plateau [s] : 6

Filter Settings
Filter Width [s] : 0.5
Polynomial Order : 4

Ladder 
Ladder Peak Size
1 25
2 200
3 500
4 1000
5 2000
6 4000

2100 Expert (B.02.10.SI764) © Copyright 2003 - 2018 Agilent, Inc. Printed: 8/11/2021 11:41:05 AM

2100 expert_Eukaryote Total RNA Pico_DE13805253_2021-08-11_11-23-18.xad Page of3 12

Created:
Modified:

8/11/2021 11:23:18 AM
8/11/2021 11:39:12 AMData Path:

Eukaryote Total RNA Pico
C:\...Eukaryote Total RNA Pico_DE13805253_2021-08-11_11-23-18.xad

Assay Class:

Electrophoresis Assay Details



Ladder

Overall Results for Ladder
RNA Area: 741.5 
RNA Concentration: 1,000 pg/µl

Result Flagging Color:
Result Flagging Label: All Other Samples 
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8/11/2021 11:39:12 AMData Path:
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Assay Class:

Electropherogram Summary



Fragment table for sample 1  :  cell pelette 1:1000
Name Start Size [nt] End Size [nt] Area % of total Area
18S 1,643 1,943 148.8 24.4
28S 3,195 4,082 354.7 58.1

cell pelette 1:1000

Overall Results for sample 1  :  cell pelette 1:1000
RNA Area: 610.6 
RNA Concentration: 824 pg/µl
rRNA Ratio [28s / 18s]: 2.4 

RNA Integrity Number (RIN): 10   (B.02.10) 
Result Flagging Color:
Result Flagging Label: RIN:10 

2100 Expert (B.02.10.SI764) © Copyright 2003 - 2018 Agilent, Inc. Printed: 8/11/2021 11:41:05 AM
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Assay Class:

Electropherogram Summary Continued ...



Fragment table for sample 2  :  jen gel 1
Name Start Size [nt] End Size [nt] Area % of total Area
18S 1,536 2,346 116.3 22.3
28S 3,189 4,740 160.9 30.8

jen gel 1

Overall Results for sample 2  :  jen gel 1
RNA Area: 522.6 
RNA Concentration: 705 pg/µl
rRNA Ratio [28s / 18s]: 1.4 

RNA Integrity Number (RIN): 8.8   (B.02.10) 
Result Flagging Color:
Result Flagging Label: RIN: 8.80 

2100 Expert (B.02.10.SI764) © Copyright 2003 - 2018 Agilent, Inc. Printed: 8/11/2021 11:41:05 AM
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Assay Class:

Electropherogram Summary Continued ...



Fragment table for sample 3  :  jen gel 2
Name Start Size [nt] End Size [nt] Area % of total Area
18S 1,661 2,019 111.0 18.7
28S 3,451 4,009 165.0 27.8

jen gel 2

Overall Results for sample 3  :  jen gel 2
RNA Area: 592.8 
RNA Concentration: 800 pg/µl
rRNA Ratio [28s / 18s]: 1.5 

RNA Integrity Number (RIN): 8.3   (B.02.10) 
Result Flagging Color:
Result Flagging Label: RIN: 8.30 
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Fragment table for sample 4  :  22/07 gel 1
Name Start Size [nt] End Size [nt] Area % of total Area
18S 1,250 1,866 72.4 12.6
28S 3,222 4,133 126.0 21.9

22/07 gel 1

Overall Results for sample 4  :  22/07 gel 1
RNA Area: 574.9 
RNA Concentration: 775 pg/µl
rRNA Ratio [28s / 18s]: 1.7 

RNA Integrity Number (RIN): 8.8   (B.02.10) 
Result Flagging Color:
Result Flagging Label: RIN: 8.80 
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Fragment table for sample 5  :  22/07 gel 2
Name Start Size [nt] End Size [nt] Area % of total Area
18S 1,553 1,977 149.5 16.8
28S 3,183 4,138 299.0 33.6

22/07 gel 2

Overall Results for sample 5  :  22/07 gel 2
RNA Area: 889.0 
RNA Concentration: 1,199 pg/µl
rRNA Ratio [28s / 18s]: 2.0 

RNA Integrity Number (RIN): 9.2   (B.02.10) 
Result Flagging Color:
Result Flagging Label: RIN: 9.20 
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Fragment table for sample 6  :  22/07 gel 3
Name Start Size [nt] End Size [nt] Area % of total Area
18S 1,622 1,898 152.0 17.1
28S 3,220 4,129 363.6 41.0

22/07 gel 3

Overall Results for sample 6  :  22/07 gel 3
RNA Area: 887.2 
RNA Concentration: 1,197 pg/µl
rRNA Ratio [28s / 18s]: 2.4 

RNA Integrity Number (RIN): 9.6   (B.02.10) 
Result Flagging Color:
Result Flagging Label: RIN: 9.60 
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Sample 7 has not been run, no results available.
Sample 8 has not been run, no results available.
Sample 9 has not been run, no results available.
Sample 10 has not been run, no results available.
Sample 11 has not been run, no results available.
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Gaub, H. E., Gerber, C., Dufrêne, Y. F., and Müller, D. J. (2019). Atomic force microscopy-

based mechanobiology. Nature Reviews Physics, 1(1):41–57.

179



[Ku, 1997] Ku, D. N. (1997). Blood flow in arteries. Annual review of fluid mechanics, 29(1):399–

434.

[Langlois et al., 2010] Langlois, D., Hneino, M., Bouazza, L., Parlakian, A., Sasaki, T., Bricca,

G., and Li, J. Y. (2010). Conditional inactivation of tgf-β type ii receptor in smooth muscle cells

and epicardium causes lethal aortic and cardiac defects. Transgenic research, 19:1069–1082.

[Lehoux and Tedgui, 2003] Lehoux, S. and Tedgui, A. (2003). Cellular mechanics and gene ex-

pression in blood vessels. Journal of biomechanics, 36(5):631–643.

[Lewin and Otto, 2005] Lewin, M. B. and Otto, C. M. (2005). The bicuspid aortic valve: adverse

outcomes from infancy to old age.

[Lino Cardenas et al., 2018] Lino Cardenas, C. L., Kessinger, C. W., Cheng, Y., MacDonald,

C., MacGillivray, T., Ghoshhajra, B., Huleihel, L., Nuri, S., Yeri, A. S., Jaffer, F. A., et al.

(2018). An hdac9-malat1-brg1 complex mediates smooth muscle dysfunction in thoracic aortic

aneurysm. Nature communications, 9(1):1009.

[Liu et al., 2015] Liu, S.-L., Bae, Y. H., Yu, C., Monslow, J., Hawthorne, E. A., Castagnino, P.,

Branchetti, E., Ferrari, G., Damrauer, S. M., Puré, E., et al. (2015). Matrix metalloproteinase-12
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