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Abstract With their excellent biocompatibility and rela-

tively high mechanical strength, polylactides are attractive

candidates for application in load-bearing, resorbable

implants. Pre-clinical studies provided a proof of principle

for polylactide cages as temporary constructs to facilitate

spinal fusion, and several cages already made it to the

market. However, also failures have been reported: clinical

studies reported considerable amounts of subsidence with

lumbar spinal fusion cages, and in an in vivo goat study,

polylactide spinal cages failed after only three months of

implantation, although mechanical testing had predicted

sufficient strength for at least eight months. The failures

appear to be related to the long-term performance of

polylactides under static loading conditions, a phenomenon

which is common to all glassy polymers and finds its origin

in stress-activated molecular mobility leading to plastic

flow. This paper reviews the mechanical properties and

deformation kinetics of amorphous polylactides. Com-

pression tests were performed with various strain rates, and

static stress experiments were done to determine time-to

failure. Pure PLLA appeared to have a higher yield

strength than its co-polymers with D-lactide, but the kinetic

behaviour of the polymers was the same: an excellent

short-term strength at higher loading rates, but lifetime

under static stress is rather poor. As spinal implants need to

maintain mechanical integrity for a period of at least six

months, this has serious implications for the clinical

application of amorphous polylactides in load bearing sit-

uations. It is recommended that standards for mechanical

testing of implants made of polymers be revised in order to

consider this typical time-dependent behaviour.

1 Introduction

The primary function of skeletal tissues is mechanical

support. When a skeletal disorder or tissue damage occurs,

fixations are required to reposition the structures involved

and to create the proper mechanical environment for

functional healing. Metal implants are routinely used and

quite successful, but they also have drawbacks. First,

metals (and non-degradable polymers alike) are permanent

materials and as such remain susceptible to long-term

complications like wear [1], failure [2], migration [3], and

late foreign body reactions [1, 4]. Therefore, in some

countries the removal of metallic implants used for fixation

is recommended [5, 6]. A second disadvantage of metal

implants is that they eclipse the fusion zone on radiological

imaging and make it impossible to determine whether

healing has been achieved. Finally, metal implants cause

stress shielding over the fusion area, resulting in delayed

unions [7]. Obviously, these are undesired properties for

fixation implants aiming at healing or fusion.

Skeletal fixation devices essentially have a temporary

function: once healing is achieved, removal is desired both

from the clinical and biomechanical point of view. This has

motivated the development of degradable polymer
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implants [8, 9], which have evident advantages over metal

devices: their stiffness is comparable to that of bone; they

do not interfere with radiography, computer tomography,

or magnetic resonance imaging [10]; and they degrade over

time and thus eliminate the necessity of retrieval surgeries.

In addition, the healing process may be stimulated by the

successive loss of their mechanical properties, thereby

gradually increasing the loads on the healing tissues [7].

Polylactides like poly(L-lactic acid) (PLLA) are attractive

materials for this purpose because they are relatively strong

and their biocompatibility is known to be excellent. A

proof of concept of spinal fusion with degradable cages

was provided in a long-term goat study [7, 11, 12], showing

that PLLA cages resulted in faster fusion as compared to

stiff titanium cages and full degradation occurred within

four years without adverse foreign body reactions [13]

(Fig. 1a). The results of this animal study have been

translated into a degradable cage for cervical spinal fusion

(www.SolisRS.com; Fig. 1b), for which a clinical proof of

concept was obtained as well (Fig. 1c).

PLLA is a semi-crystalline polymer, which implies that

crystalline particles remain in the host tissue after degra-

dation of the amorphous parts of the implant. These par-

ticles degrade more slowly and as such may act as splinters

and invoke a tissue reaction by the host. Although no such

effects were observed in the aforementioned goat studies

[13], long-term complications like osteolytic reactions have

been reported with other semi-crystalline polymers in lit-

erature [14–18]. For that reason, amorphous polymers are

generally favoured for the clinical application of degrad-

able implants. PLLA can be made amorphous by adding

15% or more of the D-enantiomer [19]. When L- and

D-isomers are co-polymerized in equal proportions, a

racemic (50/50) polylactide is formed. Its molecular chains

cannot easily pack together to crystallize, because the side

groups are located on both sides of the polymer backbone.

Consequently, racemic polylactide (PDLLA) is entirely

amorphous. Non-racemic copolymers are usually mixed

from L-lactide and a racemic mixture of D- and L-lactide:

poly(L-D,L-lactic acid). 70:30 PLDLLA, for example,

indicates the molar ratio of L-lactide (70%) and the racemic

DL-lactide mixture (30%). This polymer thus contains 85%

L- and 15% D-isomers of lactic acid. Less common mix-

tures in the orthopaedic literature are 80:20, 85:15, and

96:4.

Under the name HydrosorbTM, 70/30 PLDLLA was one

of the earliest and the most commonly used polylactides

clinically applied in degradable cages [20–25]. The mate-

rial combines mechanical strength [26, 27] with excellent

biocompatibility, and excellent clinical results were

obtained initially [20, 21, 25]. Later, however, important

clinical observations were made by Herceg and colleagues

[22], who found rapid and massive subsidence of Hydro-

sorbTM (70/30 PLDLLA) cages in patients undergoing

lumbar spinal fusion. This finding was recently confirmed

by Jiya and colleagues [23] and the same was observed in a

large animal (goat) study [28], which allowed a more

detailed analysis of this phenomenon: implants which

presumably had sufficient strength for bearing spinal loads

for at least eight months [26], were broken and deformed

after only three months (Fig. 2) [28]. It appeared in addi-

tional studies, that the mechanical strength of 70/30

PLDLLA was lower for lower loading rates, higher tem-

perature, and higher humidity [29]. In other words: 70/30

PLDLLA appears to show strong time- and load-dependent

behaviour which is actually typical for glassy polymers

[30].

In the following, we further investigate this phenomenon

and study the long-term behaviour of three relevant poly-

lactides: 70/30 poly(L,DL-lactic acid) (PLDLLA) and the

components it consists of: stereoregular poly(L-lactic acid)

(PLLA), and racemic (50/50) poly(D,L-lactic acid)

Fig. 1 Proof of concept of spinal fusion with degradable cages made

of PLLA. a lumbar spinal fusion in a goat model after four years of

implantation. No remnants of the cage are left. b The degradable Solis

RS cage for cervical spinal fusion. c The first clinical proof of

concept: cervical spinal fusion after only four months of follow-up
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(PDLLA). The homopolymer PLLA is generally consid-

ered semi-crystalline, but initial crystallinity can be mini-

mised by the manufacturing process (fast cooling after

moulding). The mechanical behaviour of these three

polylactides will be quantified in a series of short- and

long-term loading experiments. It will be shown that the

polylactides are brittle and strong at high loading rates, but

weak and ductile under static loading conditions. This

finding has important implications for the way load-bearing

polymer implants should be tested to obtain FDA- or CE-

clearance for clinical application.

2 Materials

As discussed, the materials to be studied are an equivalent

to HydrosorbTM 70/30 blend of poly(L-lactic acid) with a

stereo-irregular poly(D,L-lactic acid) copolymer (PLD-

LLA); a stereo-regular poly(L-lactic acid) homopolymer

(PLLA); and a racemic poly(D,L-lactic acid) copolymer

(PDLLA). All materials were kindly provided by PURAC

Biochem (Gorinchem, The Netherlands). For the short-

term mechanical loading experiments, none of the poly-

mers was sterilized. The initial properties of the materials

as determined by the supplier are given in Table 1.

For compression testing, granules were compression

moulded into 10 mm thick rectangular plaques at 200�C

and successively cooled rapidly to room temperature by

water cooled plates. This prevents the formation of crystals

particularly in PLLA. From the compression moulded

plaques, cylinders with a diameter and height of 6 mm

were machined. During all machining operations the

materials were cooled by air.

To bring the findings into clinical perspective, long-

term, real-time degradation tests were performed with

experimental spinal cages made of 70/30 PLDLLA, similar

to HydrosorbTM which had shown mechanical failure in the

clinic. The cages used in this study were intended for usage

in the goat model and had an open-box geometry, sized

18 9 10 9 10 mm and a wall thickness of 1.5 mm. As in

the clinically used HydrosorbTM, the cages were sterilized

by e-beam, except for one series of cages which was

sterilized by Ethylene Oxide (EtO).

3 Methods

Since spinal cages are mainly loaded under compression

and amorphous polylactides behave brittle in extension

[19], compressive rather than tensile testing was per-

formed. Tests were done on a servo-hydraulic MTS Elas-

tomer Testing System 831 using a temperature chamber at

0, 22 and 37�C. Constant applied strain rate experiments

were done with constant true strain rate control at rates of

10-2, 10-3 and 10-4 s-1. Constant applied stress experi-

ments were performed under true stress control at various

stress levels. All loads were applied within 5 s. Friction

between samples and compression platens was reduced by

applying a thin film of skived PTFE tape (3M 5480) on the

sample ends and spraying PTFE lubricant on the com-

pression platens. True stresses and true strains were cal-

culated with the assumption of incompressibility, which is

common practice as the Poisson’s ratio of glassy polymers

is large ([0.45) and in the post-yield region the material

shows rubber-like behaviour.

For the long-term experiments under low mechanical

loading conditions, the spinal cages were placed in 0.9%

NaCl at 37�C. E-beam sterilized cages were loaded under

Fig. 2 70/30 PLDLLA cage after three and six months follow-up in a

goat spine. a Histology shows micro-cracks already after three

months of implantation (arrow). b Micro-MRI confirms that brittle

micro-cracks are formed (arrow), originating from the notches on the

rims of the cage (inset). Also some plastic deformation of the cage is

visible. c After six months, severe deformation of the cage is typically

seen, along with failed fusion in more than 50% of the cases [28]

Table 1 Properties of the polymers as provided by the supplier

Polymer IV (dl/g) Mw (g/mol) Tg (�C)

70/30 PLDLLA 7.37 1,901,000 58

PLLA 8.28 2,155,000 61

PDLLA 4.20 1,139,000 57

From left to tight: Inherent viscosity (IV) determined in 0.1 g/dl

chloroform; weight-averaged molecular weight (Mw); and glass

transition temperature (Tg) as measured by DSC
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static compression (500 N) or a dynamic loading regime

(300 ± 200 N; 300 ± 33 N; or 100 ± 33 N). To assess a

potential role of sterilization, one group of cages loaded at

300 ± 200 N were sterilized by EtO. The duration of

loading was 3, 6, 13 or 26 weeks. After these periods, the

decrease of cage height was determined as a measure of

plastic deformation.

4 Results and discussion

The time-dependent failure of glassy polymers is illus-

trated by the behaviour of PLLA in compression under a

variety of strain rates and stresses (Figs. 3 and 4). Fig-

ure 3 (left) shows the intrinsic behaviour of PLLA as

measured under compression at a constant true strain rate,

resulting in homogeneous deformation over large strains.

Initially the material behaves linear-elastic, eventually

reaching a maximum: the yield stress (here at 4% strain

and a stress of app. 94 MPa). Subsequently, two charac-

teristic phenomena are observed [30]: (1) Strain softening,

the initial decrease of true stress with strain, which implies

that less energy is required for further deformation of the

specimen, so that failure continues. (2) Strain hardening,

the subsequent upswing of the true stress–strain curve,

which implies that further deformation requires more

energy, thereby inhibiting further failure. The interplay

between strain softening and strain hardening for a large

extend determines the toughness of a material: materials

with strong softening and weak hardening behave brittle,

and materials with weak softening and strong hardening

tough [31]. Polylactides thus fail brittle, at least under

higher loading rates, and this was also observed in the in

vivo goat study [28] (Fig. 2b). For the designer of poly-

lactide implants, this implies that stress concentrations,

such as holes or sharp teeth on the rims of cages, should

be avoided.

Time-dependent failure of glassy polymers also

becomes evident when a constant stress is applied on a

similar sample (Fig. 3, right). The stress applied (50 MPa)

is only 53% of the yield stress (94 MPa) as measured in

Fig. 3 (left). Initially the sample reacts with an elastic

response of app. 2% strain, after which the deformation

increases gradually to app. 5% strain after 1800 s (half an

hour). Then the strain rate increases dramatically, resulting

in catastrophic failure after only 2100 s (35 min). Ductile

failure under a constant stress is also called delayed

yielding, because the moment of localization can take

considerable time, depending on the applied load. Plastic

deformation was also observed in the cages used in the goat

model (Fig. 2). The remarkable fact thus occurs that these

spinal cages failed in both modes, brittle and ductile: the

former under short-term, high loading rates, the latter under

long-term, low-amplitude loading.

Fig. 3 Left: Compressive true

stress versus true strain

measured at a constant true

strain rate. Right: Compressive

true strain versus loading time

measured under a constant

stress

Fig. 4 Left: True strain versus

loading time for increasing

stresses. Right: Stress

dependence of the time-to-

failure (-a). Dots are single

measurements
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The time-dependent response of the material strongly

depends on the loading conditions applied. Figure 4 shows

the true strain versus loading time for four static loading

levels (left). It can be seen that by increasing the loads,

time-to-failure can be significantly decreased (note the

logarithmic time scale). For example, a stress of 70 MPa

results in a catastrophic failure in less than 100 s, a load of

40 MPa leads to failure in about 3 h. It can be shown [30]

that a semi-logarithmic relation exists between the applied

stresses and the corresponding times-to-failure. For PLLA

it appears that an increase in applied stress of about

14 MPa (a) leads to a decrease in lifespan by an order of

ten. From this the conclusion can be drawn that it is not the

question whether the material will fail under a static load,

but rather when it will fail under the specified conditions.

To illustrate this further, the yield point is investigated a

bit closer. With increasing strain rate, the yield point is also

observed to increase (Fig. 5, left). Taking the yield stresses

and plotting them versus the applied strain rate results

again in a semi-logarithmic relation (Fig. 5, right), with a

slope a equal to that found in the time-to-failure plot

(Fig. 4, right). Higher temperature and humidity decrease

the yield stress of PLLA, but its kinetic behaviour (in

particular: slope a in the time-to-failure plot) remains the

same [29, 32].

The comparison between PLLA, 70/30 PLDLLA and

(racemic) PDLLA is given in Fig. 6. From the plots it

appears that PLLA is stronger than PDLLA and PLDLLA,

e.g. at a strain rate of 0.001/s the yield strengths are 81, 78

and 71 MPa, respectively. The dependence of strain rate

(slope a of the dashed line), however, is the same for all

three materials. This is also found considering lifetime

under constant stress: PLLA is slightly stronger than

PDLLA and PLDLLA, but due to the strong rate depen-

dence (14 MPa/decade) the difference in life time between

PLLA and 70/30 PLDLLA is approximately a factor 2.

This may explain why PLLA cages did not fail in the goat

model [7], where PLDLLA cages did [11, 28].

In order to place previous findings into clinical per-

spective, we also compressed e-beam sterilised 70/30

PLDLLA cages under real-time degradation conditions

(Fig. 7). Cages with an original height of 10 mm had a

yield strength of 7.1 kN at a strain rate of 1.3 mm/min

(0.2 mm/s) [33]. When placed under a static load of only

Fig. 5 Left: True stress versus

strain for increasing strain rates

for PLLA at 37�C. Right: Rate

dependence of the yield stress

(a). Dots are single

measurements

Fig. 6 Left: Yield stress vs. strain rate in uniaxial compression for

PLLA, PLDLLA and PDLLA. Measurements are duplicated twice

(n = 3), standard deviations are smaller than the dots. Right: Time-to-

failure vs. applied stress in uniaxial compression for PLLA, PLDLLA

and PDLLA. Dots shown here are single measurements. The dashed

lines in both plots are computer estimations for the behaviour of

polylactides, in which the data of the three polymers are pooled.

Details of the computer model are described elsewhere [32, 35]
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500 N, plastic deformation was more than 1 mm after only

three weeks of loading, and at 3 months, the cage had

failed entirely (Fig. 7, right). It should be emphasised, that

the instantaneous strength (i.e. the yield strength at a

loading rate of 1.3 mm/min) after 6 months of real-time

degradation at 37�C without loading was still 5.8 kN [33],

an order of magnitude higher than the load applied in this

experiment. Thus, plastic deformation of the cage is due to

viscous flow of PLDLLA, not to degradation.

Decreasing the static load (300 N, 100 N) resulted in

less cage deformation, but dynamic loading did not make a

difference: adding a dynamic load with an amplitude of

200 N did not result in more deformation than adding a

dynamic load with an amplitude of 33 N. Note that even

under a marginal load of 100 N, plastic deformation was

more than 2 mm after six months. Six months is a very

long period for dynamic testing in the lab, but in fact is the

minimal life-time for spinal cages to maintain their

mechanical properties.

Sterilisation proved to have a major impact on the

deformation of the cages under long-term, low-amplitude

loading conditions (Fig. 7). While e-beam sterilized cages

showed a height loss after six months of almost 4 mm,

the EtO-sterilised cages showed a height loss of only

1.1 mm. This is surprising, considering the fact that the

instantaneous strength of non-loaded EtO- and e-beam

sterilized cages (i.e. the strength measured at 1.3 mm/

min) had been reported to be more or less equal for cages

sterilized either way [33]. However, e-beam was shown to

reduce inherent viscosity of the polymer to about one-

third of its original value, a decrease which would take a

year for hydrolytic degradation [33]. Thus, it can be

stated that e-beam sterilization shifts forward the chemi-

cal degradation of 70/30 PLDLLA by about one year.

Presumably, shorter polymers are more mobile under

prolonged loading conditions, which may explain the

strong deformation of the e-beam- as compared to the

EtO-sterilized samples. As sterilization is mandatory for

all implants including degradable polymers, this phe-

nomenon requires further investigation.

The rate dependence of the polylactides examined in

this study is about 14 MPa/decade (slope a in Figs. 4, 5,

and 6). For comparison, polycarbonate (PC) has a value of

3–4 MPa/decade [30], and poly(etheretherketone) (PEEK)

about 4 MPa/decade [34]. Thus, it can be concluded that

the rate dependence of polylactides is rather high as com-

pared to other polymeric biomaterials. For example, the

strength of the PLLA as measured under high strain rates is

higher than that of PC (Fig. 8, left), but under low loading

conditions PC outperforms PLLA already after 6 h (Fig. 8,
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Fig. 7 Plastic deformation

of e-beam sterilised 70/30

PLDLLA cages (top right) with

an original height of 10 mm

under various low-loading

regimes. After three months of

compressive loading at 500 N,

the cage was severely deformed

(lower right). When sterilized

by EtO, the cages showed much

less deformation (open circles)

Fig. 8 Uniaxial compression

results for PLLA and PC. Left:
Yield stress versus strain rate

(n = 3). Right: Time-to-failure

versus applied stress (single

measurements)
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right). This further illustrates that knowledge of the

instantaneous strength of a polymeric material is insuffi-

cient to predict its applicability under load over long times.

To avoid long-term complications with permanent

implants, the concept of degradable materials have drawn

considerable attention over the last decades [8, 9]. Poly-

lactides are interesting polymers because their biocom-

patibility is excellent and they show relatively high

mechanical strength. However, clinical [22, 23] and pre-

clinical data [28, 29] showed that the long-term behaviour

of polylactides under prolonged mechanical loading is

rather poor: severe plastic deformation is observed in

PLDLLA implants after relatively short periods of time

(half a year). Further analyses revealed that this behaviour

is due to the intrinsic properties of amorphous polylactides,

rather than degradation of the polymer [29, 30, 32]. PLLA

performs somewhat better than 70/30 PLDLLA, but the

kinetic behaviour is essentially the same. Sterilisation does

not seem to affect the instantaneous strength of the polymer

[29], but the long-term behaviour under continuous loading

can be affected drastically (Fig. 7).

It is important to note that cages used in the clinic, like

the Hydrosorb Telamon and the SolisRS, have met

requirements set by standardized testing protocols. ASTM-

F2077 describes static loading tests at relatively high

loading rate, ASTM-F1798 describes fatigue testing.

However, such tests do not address the long-term behav-

iour of these materials under prolonged loading. For

example, fatigue testing of 1.3 million cycles at 1 Hz.

takes about 15 days. This is quite long for a testing pro-

tocol, but for a load bearing implant like a spinal cage a

minimum loading time of six to twelve months is required.

So, implants that do meet the ASTM standards still may

fail in practice, as was indeed observed e.g. with the Hy-

drosorb 70/30 PLDLLA cages [22, 23]. It thus seems

appropriate to reconsider such protocols for load-bearing

constructs when these are made of polymers like amor-

phous PLA’s. Predictive models as described by Govaert

and colleagues [32, 35, 36] could be helpful, because they

allow estimating the long-term performance of a degrad-

able construct in early stages of design.

5 Conclusions

To gain more insight in the premature failure of spinal

implants made of amorphous polylactides, the intrinsic

deformation kinetics of these materials were studied in

more detail. The rate dependence of polylactides was found

to be high with respect to other materials frequently used in

medical applications. The plastic flow observed in glassy

polymers implies that a construct will always fail under

static load, the only question being when. This calls for a

new approach to the design of load-bearing polymer

implants. Furthermore, new ASTM standards for mechan-

ical testing are required to secure safe application of glassy

polymers under long-term static loading conditions.
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